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Abstract
Magnesium alloys are considered to be the next generation of biomaterials because of their
ability to degrade in the physiological environment. We elucidate here the impact of multiaxial
forging of Mg-2Zn-2Gd alloy on grain refinement to sub-micron regime and relate the structure to
mechanical properties and biological functionality. As-cast and annealed samples were multiaxial
forged (MAF) for a total number of two passes with a true strain of ~2/pass. Considering that the
microstructure governs the biological response of materials, we studied the constituents of the
microstructure in conjunction with the mechanical behavior. The antimicrobial behavior in a Mg2Zn-2Gd alloy with different grain size in the range of ~44 µm to ~710 nm was studied by seeding.
Surface energy and contact angle measurements using goniometer and wettability were assessed
with water, SBF, n-Hexane and DMEM. The structure-property relationship in Mg-2Zn-2Gd alloy
to maintaining mechanical integrity during degradation was studied by seeding Escherichia coli
(E. coli). Furthermore, we studied the effect of degradation behavior in the presence and absence
of cells. This was followed by the study of bioactivity in terms of phases present on the surface
and degradation products in simulated body fluid (SBF). Magnesium coated with apatite using a
biomimetic approach were placed in a 24-well culture plate with α-MEM media and the
degradation behavior was studied in the absence and presence of cells (seeding density: 10,000
cells/cm2). The change in pH was monitored at regular intervals. Cell attachment was studied by
seeding the cells for 4h and cell viability was studied by seeding the cells for up to 1, 3, and 7 days.
The study underscores that the fine-grained alloys exhibited superior mechanical
properties, antimicrobial resistance and cell attachment. The degradation rate was also least for
fine-grained alloy. The higher surface energy of ultrafine-grained Mg-2Zn-2Gd alloy led to the
release of more Mg+2 ions at an early stage, which consequently increased the pH of fluid in the

vi

vicinity of the implant, therefore producing unfavorable environment for the survival of bacteria.
This led to damage of bacterial cell walls and reducing their adhesion. Furthermore, a significant
degree of apatite formation was indication of high bioactivity and cell attachment along with
controlled degradation in the ultrafine-grained alloy. Thus, the reduction in grain size significantly
improved load bearing capacity and biological functionality of Mg-2Zn-2Gd alloy.
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Chapter 1: Introduction
1.1.

Introduction
1.1.1

Materials used as Biomedical Applications

As per the statistics provided by the National Center for Health, almost 11 million
Americans had at least one body implant in 19881. The number would have definitely increases
till today and probably continue to do so. Due to advancements in the technology, it is being
possible to replace the damage tissue with an artificial material which will quickly adopt the
shape and functions of the replaced tissue [1]. But since few decades there is a huge debate
between researchers is going on to come up with an ideal implant material which would perform
all the desired tissue functions ((such as adhesion, proliferation, differentiation, and deposition
of matrix) at the tissue biomaterial interface for specific application. At the same time researchers
are trying to save the cost and pain beard by patient in revision surgery.
The primary goal for selecting a material for biomedical applications, specially a
biomedical implant device material must be focused on the capability of implant materials to
perform the intended functions and integrity to the damaged tissue or biological component. To
possess long term structural integrity, the material should exhibit sufficient biocompatibility with
surrounding microenvironment. Mechanical performance of the materials is also an important
aspect for the load bearing medical devices [2]. The materials should also possess desired surface
properties, to develop a strong and stable connectivity between the implant and surrounding tissue
[3]. A stable biocompatible surface will lead to a faster healing and osteointegration which will
further result as quick adoption of tissue functions by implant material.
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of stents are already being successfully used from past few decades [2]. In these types of
applications metals and high density polymers have gained lot of attention since they exhibit
sufficient mechanical integrity for long term applications [4]. From past one decade, there has been
lot of research performed for development of new class of completely degradable biomedical
implant. The aim of developing completely degradable implant is to get rid of second surgery and
avoiding the chances of infections caused by permanent non-degradable implant materials. From
several year’s scientists and engineers have paid lot of attentions towards biodegradable
magnesium alloys, due to their most suitable mechanical properties specially for bone implants
along with superior biocompatibility [5]. Biodegradable magnesium implants are already being
successfully used as screws, plats, and stents [5]. Due to their superior performance in these
applications they have gained a great attention to be used as orthopedic implants [5]. The major
drawback of magnesium alloys is poor corrosion and less strength. We will be discussing the
detailed strengthening techniques in later sections (section 1.3 & 1.4). In general, some critical
requirement as a biodegradable implant material can summarized as below [6].


The materials should not possess a sustained inflammatory or toxicity reaction/response
in the patient body after implantation.



Material must exist for sufficient time for supporting the naturally developing tissue.



The degradation rate should have a match with healing (osteointegration) process.



The mechanical integrity should be stable enough with degradation for supporting healing
process.



The degradation product should not possess any toxicity to the body and must be able to
metabolized by the body.
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1.1.2

Requirement of mechanical properties for orthopedic implants

Each implant must exhibit specific mechanical properties for performing the desired tissue
functions, which will be originating from material’s bulk properties. These may include
mechanical performance, basic physical properties and durability. Let’s assume a scenario of hip
implant where strong mechanical performance is mandatory. Similarly, for a tendon material, it
should be flexible and strong, a leaflet of heart valve should be tough enough along with excellent
flexibility, in case of dialysis membrane it should be flexible and strong without possessing any
elastomeric behavior. In terms of durability of biomedical implant, a catheter may be good if it
performs for 3 days, but for a bone plate it must perform the intended function for 6 months or
may be even longer, again a leaflet valve must flex about 60 times per minute and should stay for
the lifetime of the patient (Expected life is ~10 years), similarly a hip implant must exist more than
10 years under heavy load [6]. Similarly, the physical properties will also address performance
such as a dialysis membrane must show specified permeability, the articulate cup of hip implant
material must have desired lubricity to avoid wear [6]. To meet these requirements one must follow
the design principles [6].
The last two decades have seen the paradigm move from a biostable biomaterials to
completely biodegradable (hydrostatically and enzymatically) biomaterials for implant materials.
For a biodegradable implant materials, mechanical property becomes a major concern unlike
biostable implants which possess superior mechanical properties [5]. In case of biodegradable
implant, materials should not only degrade but at the same time it should also exhibit mechanical
stability and integrity for a good start of healing process [7]. All metals, polymers and ceramics
are widely being utilized as biodegradable implants. The specific mechanical properties for each
class of materials are shown in Table 1.1 [7].
3

Table 1.1: Mechanical properties of various implant materials compared with human
cortical/cancellous bone and arterial wall [7].
Tissue/material

Comp.

Tensile

E-mod. Apparent

Yield

Elongation

Impact

strength

strength

tensile

density

strength

(A) at break strength

(MPa)

(MPa)

(GPa)

(g/cm3)

(MPa)

(%)

Charpy
V-Notch
(J/m−2)

Cortical bonea

164–240

Cancellous

35–283

5–23

1.8–2.0

1.5–38

10–

1.0 – 1.4

bonea

1.07–2.10

4–70

19

1570
(MPa)
0.50–1.72 1

Arterial wall

(MPa)
Titanium

830–1025 114

4.43

760–880

12

896–1172 114

4.43

827–

10–15

(TiAl6V4, cast)
Titanium

1103

(TiAl6V4,
wrought)
480–620

193

8.0

40–200

70–120

3.05–3.15

Bioactive glass

40–60

35–35

DL-PLA

29–35

1.9–2.4

Stainless steel

170–310

30–40

316L
Synthetic

100–900

Hydroxyapatite

5–6

4

165

45

1.81

97

2.5

0.79

AZ91E-F HPDC 165

230

45

1.81

150

3

2.7

AZ91E-GAE

457

45

1.81

517

11.1

AZ91E-F sand

97

cast

AZ31 extruded

83–97

241–260

165–200

12–16

1.78

AZ31 sheet

110–180

255–290

150–220

15–21

1.78

AZ31GAE

445

424

11.5

1.78

LAE442

247

148

18

WE43A-T6

250

162

2

345

WE43-B

1.84

220

2

WE43 extruded

277

198

17

WE43 tube

260

170

25

AZ91+2Ca-

452

427

5.4

GAE
AZ91+2Ca

147

Mg0.8Ca

428

Mg(0–4)Ca

210–240

1.7

AM50A-F

113

210

1.80

10

AM60B-F

130

225

1.80

8

1.3

2.8

It could be seen from the Table 1.1, that natural bone has an elastic between 5-23 GPa with
tensile strength of 35-283 MPa and density of 1.8-2 g/cm3. If we compare the mechanical
properties of currently used permanent non-degradable implant such as stainless steel which has
elastic modulus of 193 GPa, tensile strength in the range of 480-620 MPa and density of 8 g/cm3,
5

and for widely used orthopedic alloy Ti6Al4V which has elastic modulus, tensile strength and
density in the range of 114 GPa, 830-1025 MPa and 4.43 g/cm3respectively. On comparison with
bone they are very high as compared to natural human bone, which lead to accumulation of stresses
in the implant materials (specially in load bearing application). In the later stage after implantation,
due to incomplete load transfer from implant material to continuing natural tissue because of very
high stiffness of the implant material as compared to human bone, this phenomenon is called stress
shielding [7]. Stress shielding is one of the major cause of infection in the permanent implants in
long term applications, due to stresses on the implant materials, the attached naturally formed
tissue layer ruptures and lead to infection which in the worst case may cause death of the patient
[7]. But if we compare the mechanical properties of biodegradable implant materials such as Mg
alloys (AZ91E-F HPDC) having elastic modulus 45 GPa, Tensile strength ~230 MPa and density
of 1.81 g/cm3 which are very close to human bone and would not cause stress shielding upon
implantation. But the drawback of the degradable implant materials is the difficulty in maintaining
the mechanical integrity with degradation, this opens a wide research area for improving the
implant material properties by alloying and surface modification of these materials. From past few
years the severe plastic deformation has also became an alternative route for improving the implant
mechanical stability in the physiological system.
Amongst the currently used biomedical alloys, magnesium alloys have superior specific
strength, adequate damping capacity, along with being are non-toxic [8, 9]. More recently,
magnesium alloys have been alloyed with rare earth (RE) elements, exhibiting superior creep
resistance together with outstanding mechanical properties [10, 11]. Amongst the explored MgRE systems, Mg-Gd-Nd alloys microalloyed with Zn and Zr exhibits excellent hardening response,
they also have good deformability at low concentrations (2-10 wt%] of RE elements [12, 13].
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Figure 1.1 summarizes the average values of mechanical properties for some of the
biomedical magnesium alloys and compares with the human natural bone and widely used
Ti6Al4V alloy [14-18]. Zero in Figure 1.1 means that data is not available in the literature. It may
be seen from Fig. 1.1, indicating mechanical properties of majority of Mg alloys closely matches
with the natural bone. If we specifically compare the mechanical properties of Mg alloys that
contain rare earth (RE) elements, for example WE43, ultimate tensile strength (UTS) and elastic
modulus for extruded WE43 alloy are ~280 MPa and ~44 GPa, respectively which are close to
bone, i.e. ~35-283 MPa and ~5-23 GPa, respectively. This reduces stress shielding effect, an aspect
of concern with titanium alloys. Which has a modulus of ~44 GPa. The high modulus may lead to
stress rupture of the healed layer after a very short time after replacement, practically limiting the
movement of the treated part.
It has been shown that various categories of phases reinforced in Mg-Zn-RE alloy including
thermodynamically stable quasicrystalline Mg3-Zn3-RE2 (W) phase, Mg30Zn60RE10 (I) phase and
Mg12ZnRE (X) phase exhibiting long periodic stacking ordered (LPSO) structure, can be
conveniently obtained by tailoring the composition, heat treatment, and processing practice [1922]. Magnesium alloy reinforced with I-Phase showed superior elastic modulus and plasticity, but
the tensile strength is low [23]. The long periodic stacking ordered (LPSO) reinforced magnesium
alloys are expected to exhibit satisfactory mechanical properties [21]. Rare earth elements such as
Y and Gd having enough solid solubility in Mg (in terms of mass fraction: 12.4% and 23.5%,
respectively) [24-26], may induce significant solid solution strengthening during aging
strengthening of Mg-alloys. The Mg alloys reinforced with Gd exhibiting LPSO phases at the grain
boundaries are considered as a new class of Mg-alloys with superior mechanical and corrosion
properties [27].
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Figure 1.1: Comparison of mechanical properties of bone with magnesium alloys and other
commercial alloys [28-32]. CYS: Compressive yield strength, UTS: Ultimate tensile strength, YS:
Yield strength.
Amongst the different rare earth (RE) elements, Gd is a widely used alloying element
because of adequate solubility in Mg. The estimated equilibrium solid solubility of Gd in Mg is
4.53 at. % (23.49 wt.%) at a temperature of ~821K. However, with decrease in temperature the
solubility decreases exponentially, to 0.61 at. % (3.82 wt.%) at a temperature ~473 K. Therefore,
Mg-Gd is a perfect system for precipitation hardening [28]. The precipitation hardening response
during aging weakens if the concentration of Gd decreases below 10 wt% [29]. The addition of
~2 wt% Zn in Mg–6Gd–0.6Zr alloy significantly increases age hardening response along with
creep strength [30]. Icosahedral phase (I-phase) in Mg-Zn-Gd alloys was introduced by Yuan et
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al. [31]. A cogent 14H long periodic stacking ordered (LPSO) structure precipitated from the
supersaturated Mg matrix in Mg96.5-Zn1Gd2.5 (at. %) alloy [32]. These alloys exhibited superior
tensile strength of 345 MPa and elongation of 6.9%.
Similarly, Mg–Zn based alloys containing Y and comprising of a thermodynamically
sustainable I-phase exhibited significantly improved mechanical properties including elongation
and yield strength at room temperature [33]. Extrusion and hot rolling were successfully employed
to develop a fine grained homogeneous microstructure of I-Phase [34-37]. Improvement in
strength of Mg–Zn–Y alloys was also confirmed after aging because of precipitation of I-phase
during aging [38]. Some Laves phases like I-Phase also indicated excellent wear, high hardness,
and corrosion resistance [39,40]. The Laves phase considered to be one of the effective phase for
strengthening with excellent combination of strength and ductility.
1.1.3

Requirement of Biocompatibility

Materials used in medical devices, especially where the materials directly come in contact with the
human body by temporarily inserting or permanently implanting into the body should comply
certain biological needs [6]. The materials involved in sterilized device and the device itself must
fulfill the requirements of basic biocompatibility criterion as per the guidelines of ISO 10993
standards [6], which states the materials should be nonmutageni, nontoxic, noncarcinogenic,
nonthrombogenic, and nonantigenic. Biodegradation and subsequent infections become important
in long term applications such as total hip replacement, orthopedic implant devise etc. [6]. The
biomedical devices consist of several materials and processed through several different techniques
which have significant impact on the biostability [6]. There are several materials of different
classes including metal, polymer and ceramics, are being successfully used in biomedical
industries [6]. Metallic materials continue to dominate in orthopedic applications due to the ability
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to sustain loads for the long time, which results in the improved biostability. Most of the metals
which are utilized in orthopedic applications possess sufficient biocompatibility, but to further
improve the biocompatibility of these metals bioactive coatings are being applied by means of
self-assembly, physical deposition and chemical methods.
1.1.4

Human Bone Tissue

The major task of bone tissue engineering is to develop the artificial scaffolds which would
mimic the respective natural tissue and perform its intended functions upon replacement. To
achieve this goal, it becomes necessary to understand the composition, properties and structure of
natural human bone.
The organization of the bone is highly hierarchical as shown in Figure 1.2 [41]. At macro
scale level the existing human bone is called cortical bone or cancellous (trabecular). Cortical bone
exists in the shaft of long bones, whereas the cancellous (trabecular) is found within the cortical
bone tissue [41]. On the sub-micron level, the bone contains lamellae which are primary building
blocks trabeculae and osteons. At nano scale level mineral crystals and collagen exist which is
responsible for developing the lamellae [41].
A human skeleton contains cortical bones approximately 80% mass of the skeleton, hence,
it can be categorized as primary or secondary bone [6]. Role of primary bone important on existing
bone surfaces during developmental growth [6]. It may consist of circumferential lamellae, woven
tissue, or plexiform tissue. Circumferential lamellar bone consists of lamellae, which run parallel
to the bone surface. Located within these circumferential lamellae are primary osteons, which form
when blood vessels on the surface of the bone become incorporated into the new periosteal bone
[6]. In general, both plexiform and woven bones are found in large and/or fast-growing animals
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and may be formed at the fracture healing sites. Also, found within cortical bone are void spaces
which consist of Haversian canals, Volkmann’s canals, and resorption spaces [6].

Figure 1.2: Structural hierarchy in human cortical bone, structures of bone spans from the
macroscopic (whole-bone structure) to the nanoscale (collagen and mineral components) [41].
1.2.

Metallic materials used as orthopedic implants
Metallic implants have significant impact on biomedical application due to reliable

mechanical properties and economic processing. In earlier application of metal implants in 19091912 metallic implants were arrested by corrosion and poor mechanical properties [42], but later
after introduction of 18-8 stainless steel in 1920’s which was having better mechanical and
corrosion properties as compared to any other material available at that time. Since then the metal
implant gained vast development and clinical application [42].
Type of metal required will depend on what part is being replaced, 316L is still used as major
implant material, but when high wear resistance is required for example in hip implant other
metallic materials such as Co-Cr-Mo alloys are utilized [42]. Table 1.2 shows the list various metal
implants with their specific application [42].
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Table 1.2: Types of metal implant materials with specific applications [42].
Metal Type

Application

CoCrMo; 316L- SS; Ti-

Stents, Artificial valves etc.

Ti6Al4V
Ti-Ti6Al4V; 316L-SS; Ti6Al4V;

Artificial joints, Bone fixations (plates,

CoCrMo; Ti6Al7Nb

screws, pin) etc.

Au; 316L SS; AgSn(Cu) amalgam; TiNi;

Fillings, Orthodontic wires etc.

CoCrMo; TiMo
316L SS; Ti; CoCrMo; Ti6Al4V

Screws, Plates etc.

316L-SS

Artificial eardrum

1.2.1. Stainless steels
Amongst the various types of metals used for implant applications, stainless steels are one
of the widely-used materials for implants and other clinical application. Stainless steel is the one
which contains at least 10.5% of Cr, this amount of Cr is needed to prevent the formation of rust
[43]. Some of the stainless steels contains more than 30% Cr, this high amount of chromium makes
them stainless by forming a Cr rich oxide layer on the surface [43]. One percent of total tonnage
of stainless steel is being utilized in the biomedical applications [43]. These steels must be
compatible of surviving in warm and saline conditions of human body, and must show sufficient
pitting resistance in prolonged period of their application.
Amongst the various grades of steels austenitic steels are mainly used for biomedical
applications, due to their mechanical properties could be easily varied over optimal range and they
are inexpensive, their ease of processing [44]. The drawback of the austenitic steels is that they do
not possess sufficient corrosion resistance in their long-term applications hence their use is limited
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to bone screw, bone plates, nails etc. From past few decades there has been a lot of development
in biomedical stainless steels starting from bulk processing to surface modification techniques such
[44]. The different types of severe plastic deformation have served the dual purpose by improving
surface and bulk properties, mostly utilized SPD processes include equal channel angular
pressing(ECAP) [45], rolling [45], multiaxial forging [45], extrusion [45] etc. Surface modification
for improved corrosion resistance and biological functions have become very effective step
towards improving the biomedical behavior of stainless steels [46]. There are variety of surface
modification techniques such as by chemical deposition (e.g. CVD) [47], physical means (PVD:
Sputtering) [47] etc. On the other hand, addition of alloying elements by surface
absorption/adsorption have effectively improved the corrosion resistance of stainless steels, such
as positive role of molybdenum is well reported [47]. The main cause of pitting is depletion of Cr
around the MnS inclusion triggers the formation of pits [47]. A following research also indicates
that formation of no-chromium zone around the MnS inclusions.
1.2.2. Ti and its alloys
Titanium and its alloys are being one of the most preferred materials for various biomedical
and industrial applications due to superior corrosion resistance and high specific strength [48].
However, these alloys are still not perfectly suitable because of compatibility and implant-tissue
interaction issues, hence these materials still need further improvements titanium further [48].
Reports are available which restricts the use of element, vanadium for long-term implant
application, it is stated that vanadium has shown toxic effects in both the forms i.e. as elemental
component or oxides of vanadium [49]. Several attempts have been made to modify the properties
of Ti-alloys related to enhancements of biocompatibility via changing the composition and
chemistry of the alloy which also includes deposition [50-54]. However, majority of these coatings
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showed a drawback of low wear resistance and high coefficient of friction [55]. The implant
locations requiring high wear resistance finds restriction with Ti6Al4V alloys due to their poor
wear resistance [56]. There are reports proving transition metals (CrN, TiN) coatings have
exhibited high wear resistance improving the surface properties of T6Al4V alloy [57,58].
However, their low thermal stability and cell adhesion properties limit their application as
bioimplants. It has been reported that the biocompatibility of the implant increased by addition of
amorphous silicon [59]. Therefore, to enhance the biocompatibility of these coating with retained
wear properties, Ti–Si–N coating has been fabricated on Ti alloys to enhance the cell proliferation,
differentiation, and cytocompatibility of the implant, in this work.
Furthermore, various advanced surface techniques, such as plasma spraying [60], nitriding
[61], physical vapor deposition [62,63] ion implantation [53,54] are successfully used for the
enhancement of surface properties (specially biocompatibility and wear properties) of substrate.
However, due to convenience, environment friendly and précised coating deposition
characteristics have made physical vapor deposition most favorable technique [64,65]. The
biologic studies of a Ti–Si–N coated Ti6Al4V alloy by using PVD technique are scarce in the
literature. However, the tribological properties of Ti–Si–N coating have been recently reported in
the literature [66].
1.2.3. Mg and its alloys
Metallic materials continue to play an important role because of good strength and
toughness combination. In recent years, magnesium alloys have attracted significant attention for
use in the automotive industry and for biomedical applications. The interest in biomedical
applications is because of their biodegradable, bioresorbable and biocompatible characteristics and
dissolution in aqueous medium. Biomedical applications including orthopedic devices [67-69],
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vascular stents [70,71] and tissue engineered scaffolds [72,73]. The primary advantages of
magnesium alloys from the perspective of automotive and biomedical applications are low density
and good mechanical properties. They are lightweight materials with density in the range of 1.7 2.0 g/cm3, which is far less than the widely-used titanium alloys and stainless steels that have a
density of 4.43 g/cm3 and 8 g/cm3, respectively and very close to bone (1.8 to 2.0 gm/cm3).
Furthermore, the elastic modulus of magnesium alloys is in the range of 41-45 GPa, and is close
to the cortical bone (~30 GPa), which is beneficial from the view point of stress shielding.
Magnesium is essential to human metabolism and is the fourth most abundant cation in the
human body. An approximate total estimate suggests a weight of 25 g in the human body,
approximately half of which is present in bone tissue. Magnesium is a cofactor of many enzymes
and stabilizes the structure of DNA and RNA. Given that the standard electrode potential of
magnesium is -2.3 V, and hence bare magnesium exhibits poor corrosion resistance in the
physiological environment. Moreover, non-toxic oxides or hydroxides that form during
degradation enhance osteoblast functions and decrease the amount of osteoclast during bone
regeneration [74-76]. Based on the above discussion, magnesium alloys are being developed as
potential biodegradable metallic materials, taking into consideration of their high corrosion rate in
the physiological environment [75-78].
Majority of magnesium alloys contain aluminum (Al) and rare earth (RE) elements, where
aluminum is neurotoxicant and severe hepatotoxicity is eliminated in the presence of rare earth
elements. The primary aspect of concern regarding the use of magnesium alloy as a biomaterial is
low strength and poor corrosion resistance, and mechanical integrity is reduced significantly prior
to the healing of the tissue. Magnesium alloys containing Al, Li, and/or Zr are not favorably viewed
as biomaterials because of the toxic nature of the alloying elements. Mg alloys such as AZ31,
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AM60B and WE43 have been studied extensively as biomaterials. These Mg alloys consists of Al,
Mn, Zr and RE to enhance the mechanical and corrosion properties, but the biodegradable products
had negative impact on human health [79]. For instance, excess of Al, induces dementia and Mn
leads to Parkinson's disease [76-79, 80]. The interest in magnesium-rare earth alloys arises from
improved mechanical and corrosion properties as compared to the conventionally used Mg alloys
such as AZ31. The addition of rare earth (RE) elements improves the corrosion resistance of Mgbased alloys containing aluminum [81,82], presumably because the addition of RE reduces βMg17Al12 phase present in these alloys leading to net reduction in the number of micro-galvanic
sites and consequent improvement in corrosion resistance [83].
Magnesium-based alloys initially withstand load, but eventually degrade completely in
vivo, alleviating the need for a second surgery for removing the implant. In vivo clinical trials have
proven the capability of magnesium alloys to degrade [69]. However, rapid degradation with
concomitant decrease in strength and rapid evolution of hydrogen gas leads to subcutaneous gas
accumulation [84]. This is expected to induce infection in the patient, leading to failure of the
implant [85]. However, the degradation and antimicrobial behavior can be tailored via the addition
of alloying elements and surface coating [85]. In recent years, studies have been carried out to
explore the effect of alloying elements in eliminating or minimizing the aforementioned issues
[84]. Several studies suggested that the addition of alloying elements such as zinc can improve the
degradation behavior and biocompatibility [86, 87]. While aluminum in magnesium based alloy,
AZ31 [88], may cause toxicity especially in long term and may lead to unwanted reactions
inducing Alzheimer’s disease [89]. Thus, the use of magnesium alloys as biodegradable implant
material is not free from unwarranted side effects.
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1.2.4. Other metallic alloys
Apart from metallic alloys discussed above, the other major alloys such as Co-Cr-Mo alloys,
zirconium alloys are also widely used as artificial stent, orthopedic wire fillings, and bone fixation
[90]. Zr and its alloys have attained extensive focus due to their superior mechanical properties
and excellent biocompatibility, which makes these alloys attractive for using as surgical implants
[91]. Zirconium alloys have emerged as favorable implant material due to improved corrosion
resistance, specially pitting susceptibility, and enhanced biocompatibility compared with that of
other zirconium alloys such as Zr-2.5Nb [92]. In vivo studies on Zr alloys have indicated that Zr
and its alloys show good osteointegration [93], and when compared with Ti alloys, they possess a
higher degree of bone implant contact [94]. In vitro studies on zirconium and its alloys have been
carried out by several researchers [92]. The oxide layer (ZrO2) formed on the surface of Zr and its
alloys is known to be chemically stable in various environments along with good mechanical
strength and excellent wear and corrosion resistance [93]. The biocompatibility and wear
properties of ZrO2 layer makes it one of the most suitable materials to be used as ceramic ball head
in total hip replacement devices [90]. Webster et al. [95] reported enhanced osteoblast adhesion
on nanophase Ti6Al4V alloy. Saldan et al. [96] reported the biocompatibility of ultrafine-grained
Zr alloy rolled up to 75% thickness reduction, followed by annealing at 700C. But the grain size
effect has not shown any significant effect on biocompatibility due to grain growth during
annealing. In a recent study conducted by Mordyuk et al. [97], ultrafine grains of about 2 µm size
were reported in Zr-1%Nb cold-rolled alloy (up to 75% thickness reductions) and found that
osteoblast functions increased by 50% as compared to coarse grained alloy.
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1.3.

Importance of alloying elements in Mg-alloys
As mentioned in the above discussion Mg and its alloys exhibit superior mechanical properties

for implant application, they initially bear load and eventually degrade with time [7]. It becomes a
challenge to maintain the mechanical integrity with degradation, at the same time controlling
degradation rate is also important. Hence researchers are focusing mainly to improve its
degradation behavior and mechanical properties [5,7,9, 15]. The best solutions came out are
divided into two categories, one is by adding alloying elements, and the other is advance
processing of materials such as severe plastic deformation. Although there are number alloying
elements used for improving these properties but here we will discuss two of them i.e. Zn which
helps improving corrosion behavior and biocompatibility, and RE which improve the degradation
behavior and mechanical properties.
1.3.1. Addition of Zn
Zinc is one of the abundant nutrition element present in human body [21]. Hence adding
Zn in biomedical alloys will not cause any toxic adverse effects in long term application. Recently
there are lot of Mg-Zn systems have been proposed [22], Zn as an alloying element in magnesium
serves dual purpose by improving the corrosion resistance and enhancing strength by precipitation
hardening [21]. Some of the proposed biomedical Mg-Zn alloys includes Mg–Zn [31], Mg–2.0Zn–
0.2Mn [98], Mg–1.2Mn–1.0Zn [99], Mg–Ca–Zn [100], and Mg–Zn–X(X = Ca, Mn, Si) [101].
Recently it has been reported that in Mg-Zn-Ca alloys addition of Zn lead to fine grained structure
and biomedical properties improved along with increasing Zn content [100]. In past few years
several Mg-Zn-RE (RE; Nd, Ce, Dy, Y, Gd etc.) alloys have developed which improved the
strength and corrosion resistance [20]. In a recent report, it has been proved that the Mg-Zn-RE
alloys have better mechanical properties due to precipitation strengthening by I-phase and W18

phase formed at the grain boundary and improved corrosion behavior was due to passivation
provided by the precipitates formed at the grain boundaries [20].
1.3.2. Addition of RE elements
Rare earth (RE) elements are preferred alloying elements to increase the strength and
minimize the degradation in the physiological system [20]. For instance, WE43, an alloy
containing 4 wt% yttrium and 3 wt% mischmetal, provides a unique combination of mechanical
properties and corrosion resistance, rendering them as a promising candidate for clinical trials
[102]. For the treatment of congenital disease in babies [103] and critical limb ischemia (CLI) in
adults, biodegradable stent of WE43 alloy have been successfully used [103]. Some of the recently
developed magnesium-rare earth (Mg-RE) alloys include Mg-Gd [12], Mg-Y-Zn [103], Mg-NdY-Zr [25], Mg-Zn-Y-Nd [104], Mg-Y [9] and Mg-Dy [105]. These alloys indicated adequate
biocompatibility without any significant toxicity.
RE elements play an important role in improving corrosion and mechanical properties. For
instance, the corrosion resistance of Mg-Y alloys was decreased with increasing Y-content because
of the presence of intermetallic compounds that accelerated the micro-galvanic corrosion [25].
However, in supersaturated Mg-Y alloys, pitting corrosion was observed to increase with
increasing Y-content because Y significantly enhanced the passivation performance of oxide film
formed on the surface. Similar effects were observed with Mg-Nd alloys [104]. In the case of MgGd alloys, the corrosion resistance was increased with increasing Gd-content such that the lowest
corrosion rate was observed in Mg-10Gd [12]. A similar trend was observed in Mg-Dy alloys
[105]. Thus, in recent years, significant progress has been made in developing Mg alloys through
the addition of heavy and high solubility alloying elements such as Gd and Dy [12, 105]. Gd is
one such element that has been studied to develop new Mg alloys with superior mechanical and
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corrosion properties [27]. Binary Mg-Gd alloys also indicated significantly superior corrosion
resistance as compared to commercially used WE43 and QE22 alloys [102].
1.4.

Severe plastic deformation of biomedical metallic materials
The physical and chemical properties of ultrafine-grained and nanostructured bulk alloys are

different from their conventional bulk counterparts, because of the high-volume fraction of grain
boundaries [45]. The high degree of disorder at the grain boundaries facilitates diffusion and the
extra strain energy in the immediate neighborhood of the boundary increases local chemical
activity [45]. Severe plastic deformation techniques (SPD) such as rolling, equal channel angular
processing (ECAP), and multiaxial forging are well-known widely used processes to obtain nanoand ultrafine-grained (UFG) materials [45]. Majority of the metals exhibit the ability to withstand
high strain at temperatures greater than 0.2 Tm, and hence SPD techniques can be used to produce
UFG structure in the alloy. Nanograined/ultrafine-grained stainless steels [45] and titanium alloys
[45] have indicated superior biological functions.
1.4.1. Rolling
One of the most widely used SPD process for metal manufacturing of the modern world.
At one point or other almost every metallic material has been subjected to rolling during their
complete manufacturing process. In the rolling process metal slab is subjected to pass through the
two or more metal rolls to obtain uniform thickness throughout. The rolling is categorized
according to the temperature at which it is being carried out. If the temperature is above the
recrystallization temperature of the materials, called hot rolling, similarly if it is below the
recrystallization temperature it is called cold rolling. Figure 1.3, shows the schematic of the rolling
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process where the grain size decreases after rolling, the degree of grain size reduction will be
dependent on the stress applied on the material subjected to rolling [106].
Few reports indicated that rolling of Zirconium alloy lead to the reduction in the grain size
which has improved biological functions by providing the enhanced protein adsorption and
cytocompatibility [107]. K.C. Nune et al. rolled the biomedical grade 316 stainless steel to obtain
different grain sizes, they have successfully improved the osteoconductivity by providing more
surface energy due to grain refinement [108].

Figure 1.3: Schematic of rolling process showing the reduction in the grain size as compared to
initial grain size [107].
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1.4.2. Multi Axial Forging
Multi axial forging (MAF) is advanced form of simple forging. MAF has emerged as one
of the widely-used SPD processing technique for obtaining homogeneous grain size reduction. In
MAF the material is rotated by 90°after forging in one direction. Figure 4 shows the schematic of
the multiaxial forging with similar dimensions used in our study [109].

Figure 1.4: Forging setup [110]
It can be seen in Fig. 1.4 that after forging in one direction, the thickness in the forging
direction decreases and the length in the perpendicular direction increases, and when the forging

22

is done in all three directions (x, y, z) the subjected material, completes one pass. Reports have
shown that magnesium alloys exhibit significant grain size reduction after 4 passes at room
temperature [111]. As the magnesium has HCP structure there are very less slip planes active at
room temperature hence one need to go through number of passes for significant reduction and
eventually be careful for brittle fracture of the alloy during MAF [111]. Hence the other
advancement in the MAF forging comes by introducing temperature variations, for the alloys such
as zirconium and magnesium having hcp structures, when heated up to certain temperature the lot
more number of slip planes get active and hence make the deformation easy. In this study, we have
Mg2Zn-2Gd alloy by multiaxial forging carried out at 450 °C, resulting in a very significant grain
refinement in one pass only.
1.4.3. Equal Channel Angular Processing (ECAP)
Equal channel angular processing is one of the most advanced SPD technique. It is
basically an extrusion based process. In this process a metal rod is forced into a channeled orifice,
as shown in Figure 1.5 [112].
Like other SPD technique this process can do significant grain refinement and improving
the strength through hall patch relationship as given in above discussion. The process is unique
because here the grain refinement is carried out without reduction in cross section area, unlike to
other processes such as rolling, forging where the grain refinement is done at the cost of reduction
in cross section area. There are several reports available showing the improvement in the
mechanical and biological properties of magnesium alloys [111]. In a recent report H. Wang
processed AZ31 through ECAP, the alloys resulted in improved biological functions [113]. They
tested the corrosion behavior in Hank’s solutions and found the significant improved corrosion
resistant [113].
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Figure 1.5: Figure shows the schematic representation of ECAP process, Transverse plane: X,
Flow plane: Y and Longitudinal plane: Z [114].
1.4.4. High Pressure Torsion
High-pressure torsion (HPT) is a typical processing where a thin disk shape sample under
hydrostatic pressure subjected to torsional straining. The schematic in Fig.1.6 represents the basic
principle of processing of HPT [115].

Figure 1.6: Schematic illustration of HPT process [115].
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Hydrostatic pressure is applied on the disk which is in the cavity and one of the anvil is
rotated to achieve plastic torsional straining. To achieve pressures higher than 2 GPa, it is generally
preferable to use a modified geometry with the cavities placed in each of the two anvils. If there is
no outward flow of material, the disk thickness remains constant. An alternative relationship is
also available if there is some outward flow of material between the two anvils. The relatively
small disks used in conventional HPT are attractive for products such as small bulk nanomagnets
with enhanced soft and hard magnetic properties, arterial stents, and devices for microelectromechanical system applications. There have also been recent attempts to extend HPT to
include the processing of larger bulk samples.
1.5.

Biocompatibility of Magnesium and its alloys
In the first half of the 20th century, magnesium based alloys were introduced as orthopedic

biodegradable implants [17]. Lambotte reported the first use of magnesium in 1907, as plates with
gold-plated steel nails to rectify the fracture associated with the lower part of leg [116] but after 8
days the implant lost its mechanical and chemical integrity leading to failure of implant [116].
Subsequently, the focus was to modify the degradation and mechanical behavior of magnesium
implants [117-121]. Plates and screws made up of magnesium having small levels of cadmium
were developed in order to secure fracture [117]. In some cases, failure occurred leading to
infection, while in others there were problems with fixing of a plaster cast, which escaped the
treatment of gas pockets formed during degradation [117]. As stated above, Mg is the fourth most
abundant material present in the physiological system. In vivo cases of inflammatory reactions
indicated that there was no increase in the serum level [117]. The material was reported to have
adequate biocompatibility and bioactivity for stimulating and developing a hard callous at the
fracture site [117]. At that time, hydrogen gas generated during degradation was removed by a
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subcutaneous needle [117]. While the size of the implants used was not mentioned, it was reported
that the mechanical integrity was maintained for 6–8 weeks, with complete resorption occurring
in 10–12 months [117]. On the contrary, it was also reported that some implants only survived 3–
5 weeks, which was attributed to increased acidity in the environment close to the fracture [117].
Similar behavior was reported for magnesium alloys containing 10 wt% aluminum [120]. The
above referred two instances of fracture fused in 6 weeks, and magnesium plate was not detectable
after 6 weeks, and the pins were not detected after 4 weeks [120].
Mg-Al-Mn alloys were also used as screws, pegs, plates and bands to secure 20 fracture
and bone grafts [118]. No systemic reactions to the use of magnesium alloys or inflammatory
reactions adjacent to the implant were observed [118]. While no effect on the cancellous bone
tissues was observed, a positive effect on the periosteal tissue and deposits of the osseous callous
was noted [118]. It was also observed that the absorption rate was higher for traumatized bone
tissue, and a typical Mg-Al-Mn alloy screw with weight of 1 gm would completely absorb in 120
days [118]. These early examples of the use of magnesium-based alloys implied that they were
non-toxic and may stimulate bone tissue healing. At least 12 weeks were required for the
development of biologically stable healed layer, while the corrosion rate of pure magnesium was
too rapid to allow enough time for healing to occur [122].
In a very recent study Zhang et al. [123] studied the biocorrosion behavior and cytotoxicity
of Mg-Gd-Zn-Zr with LPSO structures and showed that the microstructure mainly consisted of
lamellar X phase at the grain boundaries of fine grains. The study suggested that the alloy exhibited
superior mechanical properties at room temperature. The extruded alloys corroded uniformly at a
corrosion rate of 0.17 mm/year in Hank solution, which is much better than the existing magnesium
alloys such as AZ31.
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A schematic representation of the complex process occurring at the metal alloy/biological
medium interface is shown in Fig. 1.7 [124]. Localized corrosion, release of metal ions, and
accumulation of corrosion products may occur simultaneously at different sites. In this regard, the
concentration of metal ions released are space and time-dependent and may induce toxic reactions.

Figure 1.7: Schematic representation of the complex process occurring at the metal
alloy/biological medium interface [124].
1.6.

Effect of Grain refinement on Biocompatibility and Osteointegration
Grain refinement of existing biomedical implants materials has come out a very effective

technique for improving biocompatibility and osteointegration by means of increasing surface
energy due to increased grain boundary area [111]. To achieve this goal several surface
modification approaches powder metallurgy, heat treatment and sintering are being extensively
explored resulting in the improved modulation of cellular activity [111]. Various researchers have
tried to develop nanostructured surface coatings by means of physical deposition, chemical
deposition, and spin coatings, all of these coatings primarily aims to improve osteointegration and
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osteoconductivity [107]. Another advanced approach is developing functionally graded implant,
where the properties vary from surface to core [125]. When an implant is placed into body cells
are not the first to come in contact with surface rather body fluid containing several enzymes and
proteins comes in contact and they get adsorbed into the surface followed by cells attaching to
these molecules [125]. When the surface is nanostructured the adsorption of these molecules is
higher, hence the higher number of cells attachment occurs in case of nanostructured surface [117].
But at the same time nanostructured surfaces are more prone to uniform corrosion due to increased
grain boundary area [117]. Hence in case of functionally graded implant designs generally grain
size increases from surface to core [125]. On the other hand, to obtain this behavior of cell material
interaction one need to consider not only surface properties but also bulk properties [108].
Therefore, from past few years SPD techniques are being widely preferred to obtain nanostructured
properties at bulk level [108]. Recently, nanostructured steel by rolling and tested the cellular
activity including protein adsorption behavior, the cellular activity and osteointegration
significantly increased due to nanostructured surface, adsorption of protein also increased with
decreased in grain size [108]. In another report, ultrafine grained zirconium alloy was developed
and found to exhibit improved cellular response along with enhanced intensities of osteogenic
markers during osteogenic differentiation testing [117].
Recently researchers have tried selective laser melting to develop nano size porous
materials which provide more cell attachment and enhanced osteoconductivity [126]. SLM is a
layer-wise material addition technique that allows generating complex 3D parts by selectively
melting successive layers of metal powder on top of each other, using the thermal energy supplied
by a focused and computer controlled laser beam [126]. Ben Vandenbroucke developed Ti6Al4V
and Co-Cr-Mo implants by SLM technique [126], later in another study, when these implants are
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tested biologically they found to exhibit improved biological functions [126]. Apart from being
biologically more active their production rate is faster and these implant structures are able to
maintain structural and mechanical integrity in long terms application.
1.7.

Effect of grain refinement on antimicrobial properties of biomedical implants
Bacterial infection is another aspect of concern during surgery despite total disinfection

prior to surgery [127], leading to pre-mature failure of the implant. Bacteria may enter surgical site
during implantation from patient’s own skin or surroundings, which up on adhesion forms a
biofilm (extracellular matrix of bacteria) on the surface of the implant, thereby protecting the
bacteria from antibiotics and antimicrobial agents [127]. For the implant to be successful, the
material is expected to inhibit bacterial adhesion and biofilm formation [117]. Microorganisms,
including the gram-positive strains Staphylococcus aureus and Staphylococcus epidermidis, and
gram negative Pseudomonas aeruginosa and Escherichia coli are the most common bacteria
affecting implant materials [117]. Several studies have been carried out to explore the effect of
coatings containing gentamicin, nitric oxide, silver, copper, chitosan, and titania nanoparticles [9],
and protein coatings [117] for resisting bacterial adhesion. More recently, grain refinement or
nano/ultrafine-crystallization of stainless steel has been shown to be a promising approach to
inhibit bacterial adhesion [108]. Another study on zirconium alloys also suggested that the
reduction in grain size improves antimicrobial properties [117]. On the other hand, it has been
suggested that the decrease in grain size increases surface energy, with consequent increase in
wettability of the material, favorably modulating osteoblast functions [117].
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1.8.

Effect of grain refinement on protein adsorption and wettability
For a perfect biomedical implant material protein adsorption behavior of the material has a

very significant impact in determining biological performance. In this regards researchers have
paid lot of attention to alter the surface and bulk properties to enhance the protein adsorption [117],
which will ultimately mediate higher cellular response, however the amount of protein adsorption
will be dependent on surface properties and composition which in turn determine hydrophilicity
or hydrophobicity [117]. Various reports indicated that grain refinement leads to the enhanced
protein adsorption [108, 117]. In a study protein adsorption was studied on nano grained (NG),
Ultrafine grained (UFG), and coarse grained (CG) structures on stainless steel surface and found
that adsorption of bovine serum albumin (BSA) protein increases as we go from coarse grained
surface to nano grained surface [108].
1.9.

Degradation behavior of implant materials
Biodegradable implant materials as the name implies, gradually dissolve, avoiding the need

for second surgery, an aspect that is practically relevant in the event that the implant needs to be
removed after healing has completed. Currently used biodegradable polymeric implants [128] have
unsatisfactory mechanical properties, which restrict their wide applicability. Magnesium alloys
have proven themselves as a potentially biodegradable material because of their outstanding
biological performance [129]. Mg2+ is one of the essential elements present in significant amount
in the physiological system. It is reported that a normal human being may have a daily intake of
Mg of ~300–400 mg and redundant magnesium cations are harmlessly and efficiently excreted out
of the physiological system [130]. On the other hand, it is reported that the presence of Mg is
beneficial for bone strength and growth [131].
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High degradation rate of Mg alloys in the presence of chloride solutions, which also
includes physiological systems and blood plasma is an intrinsic response of these alloys [132].
Moreover, alkalization and hydrogen evolution during the degradation makes the system more
vulnerable [133]. In the physiological system, hydrogen bubbles evolved during the degradation
of Mg alloys develop gas pockets in the vicinity of the implant, delaying the healing process and
sometimes leading to separation of healed layers [134]. In the worst-case scenario, there may be a
blockage of blood stream because of presence of high concentration of hydrogen bubbles, causing
death. Experimentally it has been shown that by placing a small piece of Mg coupon of 1 cm3, the
pH value increases to 10 in 15 h in 250 ml neutral Hank solution [135]. Theoretical estimates
suggest that the pH of more than 10 may prevail at the surface of magnesium alloys [136]. The
automatic adjustment of pH in physiological fluid, governed by human body and due to fast
evolution of hydrogen bubbles surrounding the magnesium implant may take place but local
alkalization is inevitable [136]. If in vivo pH surrounding the physiological fluid increases beyond
7.8 because of pH dependent alkalization, alkaline poisoning may occur. An approach to this issue
is to control the degradation rate of Mg-based alloys along with the focus on reducing the
production of H2 bubbles and OH- ions, which will enable the physiological system to deal with
biodegradation products. The possible approaches may include, alloying and surface coating of
the alloy.
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Table 1.3: In vitro and in vivo corrosion rates of different magnesium alloys [130-136].
Material
Magnesium
WE43
ZE41
LAE442

extruded MgZn-Y
AZ31
cast Mg-Mn-Zn

Hank’s Solution
SBF(mg/cm2h)
In vivo
2
(mg/cm h)
(mg/mm2yr)
0.011
0.038
1.6
NA
0.09
0.063 NA
NA
NA
NA
0.39
0.03 NA
NA
0.0065 NA
0.007 NA

1.17
NA

In Table 1.3, we compare the in vivo and in vitro immersion corrosion rate of Mg-alloys
and pure Mg in different solutions including simulated body fluid [135]. It is clear that the newer
Mg alloys have significantly improved corrosion resistance as compared to pure Mg. For example,
if we compare the in vivo corrosion rate of one of the widely-used magnesium alloy AZ31 and
LAE442, the corrosion rate was decreased from 1.17 mg/mm2yr for AZ31 to ~0.39 mg/mm2yr for
the extruded LAE442 alloy. Furthermore, if we compare the in vitro corrosion rates of WE43 and
extruded Mg-Zn-Y in SBF, the corrosion rate decreased from 0.09 mg/cm2h for WE43 to 0.03
mg/cm2h for extruded Mg-Zn-Y alloy. The reason for the improvement may be related to the
formation of LPSO structure along the grain boundary providing passivation.
In regard to the contribution of rare earth elements in improving the degradation behavior
of Mg alloys, yttrium has been explored. In a recent study, the corrosion response of Mg was
observed by adding RE elements such as neodymium (Nd), yttrium (Y) and lanthanum (La) [133].
For the WE magnesium alloys containing one or more rare earth elements microalloyed with Y,
degradation rate of ~80 µA/cm2 was observed [133]. Mg–RE–Y–Zr alloys exhibited high
corrosion rate in the range of 44–132 µA/cm2, the reason for this behavior was attributed to the
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formation of continuous RE-containing phases along the grain boundary forming a passive layer,
connecting the neighboring grains and enabling the intergranular spread of corrosive layer. It was
observed that the formation of eutectic lamellae formed at the grain boundaries of WE43 was rich
in Nd and Y and during immersion tests [133], corrosive layer was concentrated at the interface of
matrix and intermetallics and a localized attack mainly associated with Nd-rich phase was
observed [133]. In Mg-Y alloys, improved corrosion resistance was noted [133], which was later
confirmed in another study that the improvement is associated with the solid solution solubility of
Y [133]. More recently it was suggested that the heat treatment of WE43 having Y-rich region and
redistribution of Nd improves corrosion resistance [133]. Thus, in Mg-RE class of alloys, the role
of RE is related to the formation of passive film, with consequence impact on Y-oxide, which are
expected to dissolve at pH≤10, hence will not be beneficial in imparting corrosion. The
understanding of RE on corrosion resistance of Mg alloys continues to be unclear.
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Chapter 2
Experimental Analysis
This chapter reports the details of experiments used to prepare the Mg-2Zn-2Gd alloy as
well as techniques used to characterize the physical, mechanical, in-vitro biological properties such
as cell culture, antimicrobial activity, and detailed degradation behavior in physiological
conditions. In this chapter, the details of starting materials, casting of Mg-2Zn-2Gd alloy,
processing of the as-cast alloy via multiaxial forging and their characterization using various tools
as well as details of the biological testing used to evaluate the effect of grain size on mechanical,
biological and surface properties has been provided. Figure 2.1 summarizes various properties as
well as different aspect of the experimental research being pursued in this dissertation.

Figure 2.1: Summary of the experimental research being carried out to process and characterize
Mg-2Zn-2Gd alloy.
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2.1. Casting of Mg-2Zn-2Gd alloy
The alloy was melted in a resistance furnace under a protective gas mixture of Ar + 2%
SF6. Figure 2.2 shows the resistance furnace used in current study. Pure Mg, Zn, and Gd ingots
were used to prepare the alloy. Initially, Mg and Zn were melted in a boron-nitride (BN) coated
mild steel crucible, and Gd was added into the melt at ~770 °C. After the addition, the melt was
mechanically stirred at 200 rpm for 30 min, for complete dissolution of Gd and to obtain uniform
composition in the melt. The melt was poured into a preheated (350 °C) metallic round mold with
an inner diameter of 100 mm and a length of 400 mm attached with a sprue at the top. The analyzed
chemical composition of the alloy is presented in Table 2.1.

Figure 2.2: Resistance furnace used for casting of Mg-2Zn-2Gd alloy.
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Table 2.1: Chemical composition of as-cast Mg-2Zn-2Gd alloy.
Elements

Gd

Zn

Fe

Cu

Mg

wt%

1.98

2.05

0.0037

0.00016

Balance

2.2. Multiaxial Forging (MAF) of Mg-2Zn-2Gd alloy
Multiaxial forging (MAF) of as-cast Mg-2Zn-2Gd alloy was carried out at a pressing speed
of 12–15 mm/s, using a press of a 2000 kN load limit. Rectangular samples of dimensions 25 mm
x 20 mm x 40 mm were used for MAF, as presented in Fig.2.3. The sample was placed in MAF
die and heated to 450 °C in a muffle furnace. The temperature of the MDF die was monitored
using a K-type thermocouple. Once the MAF die attained the desired temperature, a period of 30
min was allowed to elapse prior to MAF. This time was adequate for the die to obtain a steadystate temperature. The sample was reheated to the deformation temperature of 450 °C.

Figure 2.3: Schematic of MAF processing with dimension of starting sample used in
current study [111].
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The MAF device consisted of a punch with dimensions of 30 mm x 60 mm x 115 mm for
external loading and a die with external diameter of 165 mm and a height of 140 mm. The chamber
of die and punch were of similar dimensions, and the punch moved vertically inside the chamber.
The dimensional ratio of 1 x 1 x 2 of samples was maintained constant throughout the MAF
processing, while the loading direction was changed 90° from pass to pass. The samples were
MAF processed for 1 pass and 2 pass, and in each pass the true strain induced was 2.1. Thus, the
total strain after the second pass was 4.2. Another variation of process was annealing of as-cast
samples to 500 °C for 2 h, followed by water quenching and MAF. For simplification, we have
given specific notations to the samples depending on the process conditions and heat treatment,
and all notations are listed in Table 2.2.
Table 2.2: Process detail and respective sample notation used in the current study [111].
Process

Notation

As-cast

S1

As-cast + 500 As-cast

+ As-cast

+ As-cast + 500 As-cast + 500

°C annealed

MAF

(1 MAF

(2 °C + MAF (1 °C + MAF (2

pass)

pass)

pass)

pass)

S3

S4

S5

S6

S2

2.3. Phase Evaluation
2.3.1. X-ray diffraction
The Casting and forging of Mg-2Zn-2Gd alloy was followed by the X-ray diffraction
(XRD) for identifying the phases present in processed samples, samples immersed in the simulated
body fluid (SBF) for degradation studies were also analyzed by XRD for identifying degradation
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products. X-ray diffraction (Bruker D8 model) was carried out using Cu-Kα radiation at a scan
rate of 1° per minute. To analyze different phases EVA software available
with the XRD equipment was used.
2.3.2. Fourier transform infrared spectroscopy
FTIR (Fourier transformed infrared, PerkinElmer Spectrum 2, USA) spectroscopy was
used to identify various bonds present in the degraded products. The absorbance was measured in
the range of 4000-400 cm-1 using KBr as a reference. For this, the degraded products were
transformed into pellets by using a compression tool. The absorbance was plotted against wave
number to identify different functional groups present.
2.4. Microstructural evaluation
2.4.1. Sample preparation for microstructural analysis
As-cast and forged samples were cut into 5 mm x 5 mm x 5 mm dimensions and
sequentially mechanically polished using 200, 400, 600, 800, 1000, and 1200 grit SiC papers. Final
polishing was carried out using 0.2 mm alumina to obtain mirror finish. The samples were etched
for 2 min in a solution containing 8 g picric acid, 5 ml acetic acid, 10 ml distilled water, and 100
ml ethanol. The polished samples were ultrasonically cleaned for 10 min and dried at room
temperature for ensuring the removal of any environmental induced impurity on the sample
surface.
2.4.2. SEM observation
The scanning electron microscope (Hitachi S4800), operated in backscattered electron
(BSE) mode at an accelerating voltage of 20 kV, was used for detailed microstructural
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characterization of the as-cast and multiaxial forged samples. It is important to mention that BSE
(backscattered electron) is highly receptive to the atomic number [138]. Therefore, one can easily
see the difference between existing phases depending upon variation in grayscale contrast. The
SEM analysis was also carried out in order to study the surface morphology of degraded samples.
Energy dispersive spectroscopy (EDS, INCA Penta FETx3, Oxford Instruments, UK) attached to
SEM, was carried out to know the elemental composition of different phases on some selected
areas present on the surface of degraded samples.
2.4.3. TEM observation
To observe the finer scale microstructures and surface morphology of precipitates present
in Mg-2Zn-2Gd alloy transmission electron microscope (TEM, FEI, UTWIN T-20) with an
accelerating voltage of 200 kV was used. For this purpose, Mg-2Zn-2Gd samples were fine
polished to obtain the 80 μm thin wafer. Subsequently, 3 mm diameter disk was cut from thin
wafer using ultrasonic disk cutter. As a next step, the thickness of the polished sample was further
reduced to 40 μm by dimpling. Thereafter, the sample was subjected to twin jet polishing operated
at 5 keV to prepare electron transparent region. The samples were immediately taken for TEM
observation in order to avoid any oxide formation with time.
2.5. Mechanical properties
2.5.1. Tensile Testing
Tensile testing, which is also called tension testing, this is basic materials test in which the
materials/sample is subjected to fixed tension until it fails. Tensile samples were prepared
according to ASTM E8 substandard size (shown in Fig.2.4) having a gage length of 8 mm and
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mechanical properties were determined via using H25K-S tensile testing equipment at a strain rate
of 2 x 10-3 s-1. Minimum of four tests were conducted and the data presented is mean of four tests.

Figure 2.4: Schematic of Tensile test samples as per ASTM standards [138].
2.5.2. Hardness Testing
Hardness of metallographically polished as-cast, annealed and MAF samples was
measured using Rockwell hardness tester (E-scale), with 100 kgf load and 15 s dwell time at room
temperature. A minimum of 5 readings were taken and the average value obtained.
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Figure 2.5: Rockwell hardness testing setup used in current study.
2.6. Contact Angle and Surface Energy Measurements
The surface energy of samples was calculated using a computer-controlled goniometer
system (Dataphysics Contact Angle System OCA) using sessile drop contact angle measurement
with distilled water and n-hexane. All the samples were metallographically polished to similar
surface finish of ~5 nm RMS roughness. Thus, based on the surface roughness, one may ignore
the external effects such as scratches, pits etc. A water droplet of size of ~3–4 mm diameter was
gently placed on the sample with the help of a syringe, and a charged coupled device (CCD) camera
was used to capture the images. The contact angle for each sample was determined by average of
at least 10 measurements.
2.7. Simulated body fluid (SBF) preparation
In order to investigate the tribological properties of developed biomaterials and dissolution
assisted apatite formation in SBF, Kokubo’s SBF was prepared. Oyane et al. compared the efficacy
of c (conventional)-SBF, r (revised)-SBF, i (ionized)-SBF and m (modified)-SBF in terms of
apatite deposition and reported m-SBF as most favorable for in-vitro bioactivity [11]. This was the
rationale behind using m-SBF in the present study. It is important to mention here that the
composition of SBF is similar to the human blood plasma (see table 2.3). To prepare the m-SBF,
all materials listed in table 2.3 were dissolved in 1 liter of distilled water, heated at 37 o C. During
SBF preparation, solution was kept on magnetic stirrer for homogenous and faster mixing. After
preparing the SBF, solution pH was maintained at 7.4 with the help of HCl and/ NaOH. This m41

SBF solution was filtered through a 0.22 μm syringe driven filter (Cat. No. SLGV033RS,
Millipore, USA) to ensure the removal of bacterial contamination. For wear study, 5g bovine
serum albumin crystals were added in to 1liter of prepared m-SBF. Now, this filtered SBF solutions
(with and without BSA) were stored at 6o C in HDPE (high density poly ethylene) bottles for
further application.

Table 2.3: Composition of 1× m-SBF used in present study [139].
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2.8. In vitro biodegradation in Simulated Body Fluid (SBF)
The samples were immersed in simulated body fluid (SBF) at 37.5 ± 0.5° C for 3 h, 6 h
and 12 h, and 3, 7, 11 and 16 days. The ratio of surface area/volume of solution was ~1.5 cm2/ml.
The change in the pH of solution was measured through the pH meter. To ensure continuous supply
of Ca ions, the immersion solution was replaced after every 3 days. The samples were then dried
at room temperature and characterization of corrosion products was carried out using SEM and
XRD.
The weight loss was measured after 3, 7, 11 and 16 days to estimate the corrosion rate
according to ASTM G31-72 standard. Corrosion products were cleaned using chromic acid
solution [200 g/L chromium trioxide (CrO3) and 10 g/L silver nitrate (AgNO3)] for 15 minutes in
an ultrasonic bath at room temperature until the corrosion product and coating was not visible. The
corrosion rate was determined using the following equation:
42

8.76 ∗ 104 ∗ ∆𝑔
𝐶𝑅 =
𝐴∗𝑡∗ρ
where CR is corrosion rate, Δg is the weight loss in g, A is the surface area in cm 2, t is the total
immersion time in h and ρ is the density of the alloy in g cm−3.
Next, the surface morphology of samples was studied by SEM and the corrosion products
were examined by XRD. The dissolution was interpreted by measuring the pH of solution. To
develop an understanding of corrosion products, the degraded product was characterized by FTIR.
The corrosion mechanism was elucidated by examining the surface morphology, corrosion rate
and constituents of the corrosion products.
2.9. Biomimetic apatite coating and degradation study
Samples of dimensions 5 mm x 5 mm x 5 mm were polished in a manner similar to that
described in section 2.3. Samples with different grain size immersed in a simulated body fluid
(SBF), were placed in an incubator (5% CO2 and 37 ºC) for up to 16 days. The SBF solution was
replaced every two days for continuous supply of calcium and phosphate ions. The pH was
measured at regular intervals. After 16 days, the samples were taken out of the SBF and dried at
room temperature. The samples were then immersed into α-MEM (culture media) with and without
the presence of cells for 4 h, 1 d, 3 d, and 7 days. The pH of the solution was measured at regular
intervals, and the media was replaced every day. The weight loss was measured after each interval
to estimate the corrosion rate according to ASTM G31-72 standard. Corrosion products were
cleaned using chromic acid solution [200 g/L chromium trioxide (CrO3) and 10 g/L silver nitrate
(AgNO3)] for 15 minutes in an ultrasonic bath at room temperature until the corrosion product and
coating was not visible. The corrosion rate was determined using the equation given in section 2.8.
2.10. Cell culture
Cell culture studies were performed using mouse pre-osteoblasts cell line MC3T3-E1 subclone 4 (American Type Cell Culture Collection, Manassas, VA). Alpha minimum essential
medium (Invitrogen Corporation, USA) supplemented with 10% fetal bovine serum, penicillin
(100 U ml−1) and streptomycin (100 μg ml−1) were used to culture pre-osteoblasts. A standard
metallographic procedure was adopted to prepare mirror-polished surfaces. The polished samples
(1 cm2) were cleaned in an ultrasonic bath with ethanol, followed by washing with deionized water
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and were sterilized in an autoclave. Pre-osteoblasts with 80-85% confluence obtained from T-flask
cultures were used to seed onto the samples.
Briefly, cells were washed with PBS, incubated with 0.25% trypsin/0.53 mM EDTA for 5-7
min, transferred to a centrifuge tube and centrifuged at 2000 rpm for 5 min. The cell pellet obtained
after centrifugation was re-suspended in culture medium, and dilution was carried out using culture
medium to get the required cell density. Subsequently, the sterilized samples were placed in a 24well plate and incubated with the cell suspension at 37°C in a humidified incubator with 5% CO2
and 95% air.

Figure 2.6: Schematic of cell culture protocol used in the present study [140].
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2.10.1. Cell attachment and viability
Pre-osteoblasts (10,000 cells cm−2) were seeded on the surface of Mg-2Zn-2Gd alloy
samples with different average grain size and incubated for 2 h, 4 h, 1 day, 3 days and 7 days at
37 °C in a CO2 incubator (5% CO2 and 95% air). The initial cell attachment and viability on
different grain size Mg-2Zn-2Gd samples was measured using MTT reagent (3-(4,5dimethylthiazol-2-yl)-2,5-diphenyltetrazolium bromide). The MTT assay is based on the reductase
activity in mitochondria of living cells. These enzymes cleave the tetrazolium ring, which turns
the pale yellow MTT into dark blue formazan, the concentration of which is directly proportional
to the number of metabolically active cells. After the culture period, the samples were washed
twice with PBS and incubated with fresh culture medium containing MTT (0.5 mg ml−1 medium)
at 37 °C for 4 h in the dark. Then, the unreacted dye was removed, and dimethyl sulfoxide was
added to dissolve the intracellular purple formazan product into a colored solution. The absorbance
of this solution was quantified by photo-spectrometry at 570 nm with a micro plate reader (Bio
TEK Instrument, EL307C).
2.10.2. DAPI staining
Fluorescent labeling of nucleic acids was performed to assess the number density and
proliferation of osteoblasts on substrates with different grain size using fluorescence microscopy
(Nikon Eclipse E600 FN). Pre-osteoblasts were grown on Mg-2Zn-2Gd surfaces up to 24 h at 37°C
in a CO2 incubator. After the end of the prescribed time period, the cells were washed twice with
PBS and stained with the nucleic acid dye (Hoechst 33342), 10 μg dye/1 ml PBS for 10 min at
25°C before viewing under a fluorescence microscope with excitation and emission of 346/442
nm, respectively. Cell nuclei appear as blue fluorescent spots.
2.11. Statistical Analysis
The values of mechanical properties and grain size, are expressed as mean ± S.D. The
statistical significance was evaluated by ANOVA at 5% level of significance. The statistical
package used was origin 6.1 (Origin Lab Corporation, USA).
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Chapter 3: Grain Refinement to Submicron Regime in Multiaxial Forged Mg2Zn-2Gd Alloy and Relationship to Mechanical Properties

Abstract
We elucidate here the impact of multiaxial forging of Mg-2Zn-2Gd alloy on grain refinement to
sub-micron regime and relate the structure to mechanical properties. As-cast and annealed samples
were multiaxial forged (MAF) for a total number of two passes with a true strain of ~2/pass. Using
only two passes, multiaxial forging successfully reduced the average grain size to less than a ~1
µm. When the annealed samples were forged, the yield strength increased to ~227 MPa as
compared to the as-cast alloy with yield strength of ~54 MPa. The improvement in mechanical
properties is attributed to the homogeneous structure obtained on annealing, which led to high
degree of grain fragmentation. Annealing also led to fine distribution of precipitates, which
significantly improved strength and hardness. The Rockwell hardness (HRE) was ~88 for annealed
and forged alloy in relation to ~55 for the as-cast alloy.
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3.1.

Introduction
Metallic materials continue to play an important role because of good strength and

toughness combination. In recent years, magnesium alloys have attracted significant attention for
use in the automotive industry and for biomedical applications. The interest in biomedical
applications is because of their biodegradable, bioresorbable and biocompatible characteristics and
dissolution in aqueous medium. Biomedical applications include orthopedic devices [141-143],
vascular stents [144-145] and tissue engineered scaffolds [146-147]. The primary advantages of
magnesium alloys from the perspective of automotive and biomedical applications are low density
and good mechanical properties. They are lightweight materials with density in the range of 1.7 2.0 g/cm3, which is significantly less than the widely-used titanium alloys and stainless steels that
have a density of 4.43 g/cm3 and 8 g/cm3, respectively and very close to the natural bone (1.8 to
2.0 gm/cm3). Furthermore, the elastic modulus of magnesium alloys is in the range of 41-45 GPa,
which is close to cortical bone (~30 GPa), and thereby beneficial from the view point of stress
shielding.
Magnesium is essential to human metabolism and is the fourth most abundant cation in the
human body. An approximate total estimate suggests a weight of 25 g in the human body,
approximately half of which is present in bone tissue. Magnesium is a cofactor of many enzymes
and stabilizes the structure of DNA and RNA. Given that the standard electrode potential of
magnesium is -2.3 V, it exhibits poor corrosion resistance in the physiological environment.
Moreover, non-toxic oxides or hydroxides that form during degradation enhance osteoblast
functions and decrease the amount of osteoclast during bone regeneration [148-150]. Based on the
above discussion, magnesium alloys are being developed as potential biodegradable metallic
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materials, taking into consideration their high corrosion rate in the physiological environment
[148-152].
Majority of magnesium alloys contain aluminum (Al) and rare earth (RE) elements, where
aluminum is neurotoxicant and severe hepatotoxicity is eliminated in the presence of rare earth
elements. The primary aspect of concern regarding the use of magnesium alloy as a biomaterial is
low strength and poor corrosion resistance, and mechanical integrity is significantly reduced prior
to healing of the tissue. Magnesium alloys containing Al, Li, and/or Zr are not favorably viewed
as biomaterials because of the toxic nature of the alloying elements. Mg alloys such as AZ31,
AM60B and WE43 have been extensively studied as biomaterials. These Mg alloys consisting of
Al, Mn, Zr and RE enhance both mechanical and corrosion resistance properties, but the
biodegradable products have negative impact on human health [153]. For instance, excess of Al,
induces dementia and Mn leads to Parkinson's disease [149-152, 154]. Thus, the development of
Mg-based biomaterials continues to be a challenge.
Mg-Zn based alloys have attracted significant interest as biomaterials because of the
biocompatible nature of Zn. The addition of Zn also enhances the strength of Mg-based alloys
through grain refinement and contributes to improved corrosion properties compared to pure Mg.
The beneficial effect of Zn was attributed to the ability of Zn to form Ni and Fe-containing
precipitates. The second phase such as MgZn in Mg-Zn alloys appears to have a dual impact. Low
volume fraction of MgZn decreases pitting corrosion rate, while larger volume fraction promotes
microgalvanic corrosion. Zn content up to ~5.6 wt% improves corrosion properties. Moreover,
since the maximum solubility of Zn in Mg is ~8.4 wt%, a considerable amount of Zn can be
retained in solid solution in Mg alloys [150-152]. The degradation rate of Mg-Zn alloys is nearly
constant with respect to time because of the homogenous microstructure. Other positive aspects of
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Zn include recognition of an essential element in human body, and the ability of Mg-Zn alloys to
age harden via precipitation hardening [148-152, 154].
Rare earth (RE) elements are preferred alloying elements to increase strength and minimize
degradation in physiological system. For instance, WE43, an alloy containing 4 wt% yttrium and
3 wt% mischmetal, provides a unique combination of mechanical properties and corrosion
resistance, rendering them as a promising candidate for clinical trials [144]. For the treatment of
congenital disease in babies [145] and critical limb ischemia (CLI) in adults [145], biodegradable
stent of WE43 alloy have been successfully used. Some of the recently developed magnesium-rare
earth (Mg-RE) alloys include Mg-Gd [146], Mg-Y-Zn [147-159], Mg-Nd-Y-Zr [160], Mg-Nd-YZn [161], Mg-Zn-Y-Nd [162], Mg-Y [163-164] and Mg-Dy [165]. These alloys indicated adequate
biocompatibility without any significant toxicity.
RE elements play an important role in improving corrosion and mechanical properties. For
instance, the corrosion resistance of Mg-Y alloys was decreased with increasing Y-content because
of the presence of intermetallic compounds that accelerated the micro-galvanic corrosion [165167]. However, in supersaturated Mg-Y alloys, pitting corrosion was observed to increase with
increasing Y-content because Y significantly enhanced the passivation performance of oxide film
formed on the surface. Similar effects were observed with Mg-Nd alloys [168]. In the case of MgGd alloys, the corrosion resistance was increased with increasing Gd-content such that the lowest
corrosion rate was observed in Mg-10Gd [156]. A similar trend was observed in Mg-Dy [165]
alloys. In summary, significant progress has been made in recent years in developing Mg alloys
through the addition of heavy and high solubility alloying elements such as Gd and Dy. Gd is one
such element that has been studied to develop new generation of Mg alloys with superior
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mechanical and corrosion properties [156, 165]. Binary Mg-Gd alloys also indicated significantly
superior corrosion resistance as compared to commercially used WE43 and QE22 alloys [153].
The physical and chemical properties of ultrafine-grained and nanostructured bulk alloys
are different from their conventional bulk counterparts, because of the high-volume fraction of
grain boundaries. The high degree of disorder at the grain boundaries facilitates diffusion and the
extra strain energy in the immediate neighborhood of the boundary increases local chemical
activity [155-156, 164]. Severe plastic deformation techniques (SPD) such as cryorolling, equal
channel angular processing (ECAP), and multiaxial forging are well-known methods to obtain
nano- and ultrafine-grained (UFG) materials [169-171]. Majority of the metals exhibit the ability
to withstand high strain at temperatures greater than 0.2 Tm, and hence SPD techniques can be
used to produce UFG structure in the alloy. Nanograined/ultrafine-grained stainless steels [172]
and titanium alloys [173] have indicated superior biological functions. In the present study, we
explore the mechanical properties of a magnesium alloy that combines the benefits of alloying
elements, Zn and Gd as discussed above. The alloy was innovatively processed using a severe
plastic deformation process, notably, multiaxial forging.
3.2.

Results and Discussion
3.2.1.

Phase Analysis

X-ray diffraction patterns of as-cast, annealed, and MAF processed Mg-2Zn-2Gd alloy are
presented in Figure 3.1. The specific notations of all samples as per their processing conditions are
provided in Table 2.2. Figure 3.1a shows the X-ray diffraction patterns of the as-cast alloy,
confirming the presence of α-Mg and standard W-phase (Mg3Zn3Gd). The α-Mg peaks and Wphase (Mg3Zn3Gd) identified in Figure 3.1a are in agreement with Yamasaki et al. [175]. Fig. 3.1b
shows the effect of annealing on the as-cast alloy. It can be seen from the XRD patterns that when
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the as-cast alloy was annealed the peaks shifted toward left (inset), confirming minimization of
residual stresses after annealing.
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Figure 3.1: XRD patterns of (a) as-cast, (b) as-cast and annealed (c) As-cast, annealed and MAF
processed alloy. S1: as-cast, S2: as-cast + annealed, S3: as-cast + MAF (1 pass), S4: as-cast +
MAF (2 pass), S5: as-cast + annealed + MAF (1 pass), S6: as-cast + annealed + MAF (2 pass).
In Fig. 3.1b the peaks became sharp after annealing, which implied grain growth during
annealing. Furthermore, annealing dissolved the W-phase leading to disappearance of W-phase
peaks. Fig. 3.1c shows comparison of MAF processed samples with as-cast and annealed samples.
Fig. 3.1c suggests that no new phase transformation took place during the MAF process at 450̊ C
and the W-phase tend to disappear because of distribution of phase in the matrix induced by
deformation. In the present study, XRD patterns of Mg-2Zn-2Gd were indexed with reference to
Mg-Zn-Y patterns, because Mg-Zn-Gd data is limited.
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3.2.2.

Microstructure

The primary barrier that restricts the use of forged Mg and its alloys is limited formability
because of less number of active slip planes during deformation of hcp close packed crystal
structure. According to von Mises criterion, the material must have at least five active slip planes
for deformation. The hcp crystal structure has three slip planes, i.e. basal, pyramidal and prismatic.
If we compare the critical resolved shear stress (CRSS) for these planes, we find that the CRSS for
the basal planes is less compared to the other two; hence, basal slip is the dominant mechanism for
plastic deformation at room temperature. If we increase the temperature, the CRSS for slip
decreases and plastic deformation is facilitated, but the highly oxidizing nature of Mg, limits the
process to 450o C. Thus, severe plastic deformation (SPD) processes was performed at 450o C.
As-cast (S1) microstructure of Mg-2Zn-2Gd alloy is presented in Fig. 3.2a. A white colored
island-like phase was present in the matrix of α-Mg, which is a eutectic phase identified as
Mg3Zn3Gd (Standard W-Phase with FCC structure), confirmed by XRD. The appearance of this
phase was suggested to depend on Zn/Gd ratio [176]. The W-Phase appears with two distinct
morphology, namely network-like and as spherical globules, which are part of the network phase.
It was confirmed from EDS analysis that the small size spherical precipitates contained more Zn
than Gd. The Zn to Gd ratio was 1.74 and 1.96 for the network and spherical globules respectively,
which closely corresponds to Zn/Gd ratio of ~2, reported for the standard W-Phase Mg3Zn3Gd
[176-177]. The formation of W-phase takes place by segregation of Zn and Gd at the grain
boundaries. It is also reported that the formation of this phase depends on the cooling rate (~5 K/s).
If the cooling rate is low, then W-phase may not form and 14H LPSO phase begins to form at the
grain boundries [178], but in our case Gd content was (~2%), hence at this low RE content, the
formation of 14 H LPSO is unlikely. The average grain size was measured via linear intercept
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method, and is presented in Figure 3.3. For the as-cast alloy the grain size was ~25 µm, which on
multiaxial forging after annealing was reduced to sub-micron size.
Figure 3.2b shows the microstructure of Mg-2Zn-2Gd alloy annealed at 500̊ C for 2 hrs
followed by water quenching (S2). It is clear from Fig. 3.2b that annealing led to the dissolution
of W-phase along with grain growth (~44 µm ), as shown in Fig. 3.3. The reason for high grain
growth can be explained as follows. The as-cast alloy has residual stresses during casting becaue
of high cooling rate, which facilitates recrystalization and formation of stress-free grains followed
by grain growth with time. Another possible reason is that the dissolution of precipitates at the
grain boundaries, led to unpinning and facilitated diffusion across the grain boundaries, and
merging of grains leading to grain growth.
Figure 3.2c shows the SEM micrograph of multiaxial forged Mg-2Zn-2Gd alloy after first
pass (S3). In the first pass, the total strain given was 2.1. During the first pass, the grains
fragmented and became equiaxed leading to reduction of average grain size to ~15 µm (Fig. 3.3),
as compared to the as-cast alloy (~24 µm). Forging also led to uniform distribution of W-Phase in
the matrix.
Grain fragmentation was relatively more because of number of active slip planes at the
high temperature of 450 °C in MAF process, as compared to room temperature deformation, where
the deformation is difficult due to high CRSS of slip planes [179].
Figure 3.2d is the MAF microstructure of alloy after the second pass (S4), with total
accumulated strain of 4.2. It is evident from the microstructure that fragmentation of grains was
more after second pass as compared to the single pass forged alloy resulting in average grain size
of ~ 5 µm (Fig. 3.3).
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Figure 3.2: Scanning electron micrographs of as-cast Mg-2Zn-2Gd alloy. (a) S1: as-cast, (b) S2:
as-cast + annealed, (c) S3: as-cast + MAF (1 pass), (d) S4: as-cast + MAF (2 pass) (e) S5: as-cast
+ annealed + MAF (1pass), (f) S6: as-cast + annealed + MAF (2 pass).
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Figure 3.3: Average grain size of as-cast and forged Mg-2Zn-2Gd alloy. S1: as-cast, S2: as-cast
+ annealed, S3: as-cast + MAF (1 pass), S4: as-cast + MAF (2 pass), S5: as-cast + annealed +
MAF (1 pass), S6: as-cast + annealed + MAF (2 pass).
This is expected to positively affect mechanical properties. Similarly, the dispersion of Wphase was relatively more homogeneous after the second pass. The deformability of W-phase was
more than the deformability of grains such that the distribution of W-phase was more uniform.
Furthermore, the homogeneous fragmentation of grains at such a high deformation rate is due to
dynamic recrystallization.
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Figures 3.2e and f are the MAF processed micrographs of Mg-2Zn-2Gd alloy annealed at
500 °C for 2 h followed by water quenching at room temperature (S5, S6). It is evident from the
micrographs that grain fragmentation was more compared to the alloy that was directly forged
after casting. The average measured gran size for S5 and S6 was ~2 µm and less than ~1 µm,
respectively. The high degree of grain fragmentation is related to annealing, which led to
dissolution of W-phase. The dissolution of W-phase facilitated easy deformation of grains and
another major contribution was the high rate of dynamic recrystallization because of less residual
stress in the annealed sample (S2) [175]. During deformation, the precipitates were distributed in
a homogenous manner, which ultimately improved the mechanical properties as compared to S3
and S4 samples.
3.2.3.

Hardness

Rockwell hardness (E scale) data for as-cast, annealed and forged samples is presented in
Figure 3.4. It is apparent from the results that hardness increased with increase in the number of
passes. In the case of S2 sample, although there was grain growth, but it did not significantly
decrease the hardness as compared to S1. If we compare the hardness of S4 it was 67, which is
significantly higher as compared to S1 (54). The increase in the hardness is due to grain
fragmentation and associated decrease in the precipitate size and their uniform distribution with
increase in forging pass and strain. The increase in hardness is also attributed to introduction of
stresses during forging. The hardness for S6 was 88, which is higher than samples, S1 and S2. The
degree of deformation was more in S5 and S6 samples leading to finer average grain size compared
to S3 and S4 (Fig. 3.2), and consequently higher hardness for S5 and S6. The other contribution to
improvement in hardness was from the high degree of dynamic recrystallization and distribution
of fine precipitates in a homogenous fashion.

57

Figure 3.4: Rockwell hardness (E-scale) of as-cast annealed and multiaxial forged Mg-2Zn-2Gd
alloy. S1: as-cast, S2: as-cast + annealed, S3: as-cast + MAF (1 pass), S4: as-cast + MAF (2 pass),
S5: as-cast + annealed + MAF (1 pass), S6: as-cast + annealed + MAF (2 pass).
3.2.4.

Tensile Behavior

Figure 3.5 shows stress-strain plots for as-cast, annealed, and multiaxial forged alloy. The
tensile data (yield strength, tensile strength and elongation) is summarized in Table 3.1. It is clear
from Table 3.1 that both yield strength and tensile strength increased on forging. The as-cast alloy
exhibited low strength and elongation because of coarse-grained structure and high degree of
precipitation along the grain boundaries, which introduces stress concentration and leads to
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fracture. On annealing (S2), yield strength was decreased because of grain growth. The yield
strength and tensile strength of alloy after first pass (S3) increased to 160 MPa and 218 MPa,
respectively, as compared to 53 MPa and 116 MPa, respectively for the as-cast alloy (S1). After
two passes, the yield strength and tensile strength were increased to 170 MPa and 220 MPa,
respectively. This increase in yield strength and tensile strength followed Hall-Petch relationship
(yield strength is inversely proportional to grain size) and is presented in Fig. 3.6. It may also be
noted from Fig. 3.5 and Table 3.1, that annealing of as-cast alloy decreased yield strength from 53
MPa for S1 to 46 MPa for S2. Moreover, when the as-cast alloy was annealed and forged, the
increase in strength was greater as compared to direct forging (without annealing at 500 °C).

Table 3.1: Average mechanical properties of as-cast, annealed and multiaxially forged Mg2Zn-2Gd alloy.
Property

As-

As-cast +

As-cast +

As-cast

As-cast + 500

As-cast + 500

cast

500 °C

MAF (1

+ MAF

°C annealed +

°C annealed +

Annealed

Pass)

(2

MAF (1 Pass)

MAF (2 Pass)

Pass)
YS (MPa)

53

46

160

170

225

227

UTS (MPa)

116

70

218

220

245

272

% Elongation

12.5

7

20

16

8

30
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Figure 3.5: Stress strain curves of as-cast and forged Mg-2Zn-2Gd alloy. S1: as-cast, S2: as-cast
+ annealed, S3: as-cast + MAF (1 pass), S4: as-cast + MAF (2 pass), S5: as-cast + annealed +
MAF (1 pass), S6: as-cast + annealed + MAF (2 pass).
Thus, when the annealed samples were forged (1 pass and 2 pass), a significant increase in
both yield strength and tensile strength was observed (Table 3.1). This is because of grain
fragmentation and the structure became homogeneous on annealing of the as-cast alloy. Similar
behavior was previously reported for Zircaloy-2 [172]. Dynamic recrystallization is promoted in
the annealed alloy. When the initial structure of the warm forged alloy is inhomogeneous, there is
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less probability for the grains to recrystallize during processing [172]. This results in fine-grained
structure with superior mechanical properties.

Figure 3.6: Hall-Petch relationship plot between grain size and strength. S1: as-cast, S2: as-cast +
annealed, S3: as-cast + MAF (1 pass), S4: as-cast + MAF (2 pass), S5: as-cast + annealed + MAF
(1pass), S6: as-cast + annealed + MAF (2pass).
3.3.

Conclusions

1. The Mg-2Zn-2Gd alloy was successfully cast with aimed composition provided in Table 2.1.
2. Multiaxial forging (MAF) of as-cast and annealed alloy resulted in ultimate grain size in the
submicron regime.
3. X-ray diffraction confirmed the formation of standard W-phase at the grain boundaries as a
white island in the as-cast alloy and α-Mg as grains.
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4. Highest tensile strength of 272 MPa was obtained in as-cast, annealed and multiaxially forged
alloy as compared to 116 MPa in the as-cast alloy. This is because of dynamic recrystallization
and homogeneous nucleation of precipitates in the alloy.
5. The deformability of W-phase particles was more after second pass of forging such that fine and
homogeneous distribution was obtained, which was beneficial in improving the mechanical
properties.
6. The Mg-2Zn-2Gd alloy with improved mechanical properties has for potential for biomedical
and presumably automotive applications.
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Chapter 4: Grain Size Dependence of Antimicrobial Behavior of Mg-2Zn-2Gd
Alloy: Mechanism towards the Inhibition of Bacterial Cell Adhesion and
Biofilm Formation

Abstract
We explore here the antimicrobial behavior in a Mg-2Zn-2Gd alloy that was subjected to an
innovative severe plastic deformation process involving multiaxial forging (MAF) and annealing
to obtain different grain size in the range of ~44 µm to ~710 nm. Surface energy and contact angle
measurements using goniometer and wettability were assessed with water, SBF, n-Hexane and
DMEM. The antimicrobial activity and the mechanism of inhibition of Escherichia coli (E. coli)
bacterial cell attachment were determined as a function of grain size. The study underscores that
grain size had a significant impact on antimicrobial behavior, such that the decrease in grain size
inhibited bacterial cell attachment. The higher surface energy of ultrafine-grained Mg-2Zn-2Gd
alloy led to the release of more Mg+2 ions at an early stage, which consequently increased the pH
of fluid in the vicinity of the implant, therefore producing unfavorable environment for the survival
of bacteria. This led to damage of bacterial cell walls and reducing their adhesion. Furthermore, a
significant degree of apatite formation was indication of high bioactivity in the ultrafine-grained
alloy. Thus, reduction in grain size was beneficial for antimicrobial activity and in terms of apatite
formation.
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4.1.

Introduction
In the past decade, magnesium alloys have attracted significant attention as a new class of

biodegradable implant materials, because of their superior biocompatibility and a close match of
mechanical properties with the cortical bone [180-182]. Magnesium-based alloys initially
withstand load, but eventually degrade completely in vivo, alleviating the need for a second
surgery for removing the implant. In vivo clinical trials have proven the capability of magnesium
alloys to degrade [180-181]. However, rapid degradation with concomitant decrease in strength
and rapid evolution of hydrogen gas leads to subcutaneous gas accumulation [182]. This is
expected to induce infection in the patient, leading to failure of the implant [183]. However, the
degradation and antimicrobial behavior can be tailored via the addition of alloying elements and
surface coating. In recent years, studies have been carried out to explore the effect of alloying
elements in eliminating or minimizing the aforementioned issues [184-186]. Several studies
suggested that the addition of alloying elements such as zinc can improve the degradation behavior
and biocompatibility [187-189]. While aluminum in magnesium based alloy, AZ31 [190], may
cause toxicity especially in long term and may lead to unwanted reactions inducing Alzheimer’s
disease [191-192]. Thus, the use of magnesium alloys as biodegradable implant material is not free
from unwarranted side effects.
Bacterial infection is another aspect of concern during surgery despite total disinfection
prior to surgery [193], leading to pre-mature failure of the implant. Bacteria may enter surgical site
during implantation from patient’s own skin or surroundings, which up on adhesion forms a
biofilm (extracellular matrix of bacteria) on the surface of the implant, thereby protecting the
bacteria from antibiotics and antimicrobial agents [193]. For the implant to be successful, the
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material is expected to inhibit bacterial adhesion and biofilm formation [193]. Microorganisms,
including the gram-positive strains Staphylococcus aureus and Staphylococcus epidermidis, and
gram negative Pseudomonas aeruginosa and Escherichia coli are the most common bacteria
affecting implant materials [194]. Several studies have been carried out to explore the effect of
coatings containing gentamicin, nitric oxide, silver, copper, chitosan, and titania nanoparticles
[195-201] and protein coatings [202, 203] for resisting bacterial adhesion. More recently, grain
refinement or nano/ultrafine-crystallization of stainless steel has been shown to be a promising
approach to inhibit bacterial adhesion [204-205]. Another study on zirconium alloys also suggested
that the reduction in grain size improves antimicrobial properties [206, 207]. On the other hand, it
has been suggested that the decrease in grain size increases surface energy, with consequent
increase in wettability of the material, favorably modulating osteoblast functions [202, 204, 206208].
In metallic materials, nano/ultrafine structure can be obtained on the surface through
coating or surface modification or in the bulk by decreasing the grain size of the material through
severe plastic deformations (SPD) [209-210]. The primary objective of SPD processing is to take
the advantage of grain refinement, which increases strength. In the case of magnesium alloys, there
are limited slip systems, which makes it difficult to plastically deform at room temperature, and
on the other hand, at elevated temperature, magnesium alloys may corrode. Recently, it has been
reported for Mg-Ca alloy that severe plastic deformation led to improved degradation behavior
[211]. This improvement was related to decrease in grain size, where increases in the number of
grain boundaries acts as obstacle for pits restricting further migration of growing pits. To the best
of our understanding there are no studies that describe the effect of severe plastic deformation and
grain size on the antimicrobial behavior of magnesium-based alloys. In this regard, multi-axial
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forging (MAF), a SPD technique was applied to Mg-2Zn-2Gd alloy to obtain a wide range of grain
size by subjecting to multiple passes. The impact of multiaxial forging in decreasing grain size is
discussed elsewhere [212]. The objective of the study described here is to understand the
fundamental principles and mechanisms underlying the effect of grain size on antimicrobial
properties. The objective was accomplished by seeding E. coli bacteria on Mg-2Zn-2Gd samples
with different grain size, to elucidate the effect of grain size on the antimicrobial behavior.
4.2.

Results
4.2.1.

Microstructural and Phase Characterization

SEM micrographs of Mg-2Zn-2Gd alloy with varying grain size are presented in Figure
4.1. The average grain size of samples is indicated on the micrographs. Figure 4.1a shows SEM
microstructure of as-cast Mg-2Zn-2Gd alloy subjected to annealing at 500°C for 4 h (S2). The
objective of annealing was to reduce the internal stresses induced during casting. It can be seen
that annealing led to dissolution of W-phase (Mg3Zn3Gd) that was present in the as-cast alloy,
along with the significant grain growth resulting in average grain size of ~44 µm. Figure 4.1b is
the micrograph of as-cast Mg-2Zn-2Gd alloy subjected to multiaxial forging (MAF) at 450°C up
to 1 pass (S3). In one pass, the total strain given was 2.1. After 1 pass, the grain size was reduced
to ~15 µm. When the as-cast Mg-2Zn-2Gd alloy was subjected to multiaxial forging (MAF) at
450°C up to 2 pass (S4) and the total accumulated strain after two passes was 4.2, the grains were
fragmented, which led to reduction in the average grain size of ~5 µm (Fig. 4.1c). The combination
of annealing at 500°C and multiaxial forging (MAF) at 450°C up to 1 and 2 passes respectively
(S5 and S6), led to average grain size of ~2 µm and < 710 nm, respectively (S5, S6) [212].
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Figure 4.1: Optical micrographs representing microstructure of annealed and MAF processed
Mg-2Zn-2Gd alloy as a function of grain size.
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X-ray diffraction patterns of Mg-2Zn-2Gd alloy with different grain sizes are presented in
Figure 4.2 confirming the presence of α-Mg and standard W-phase (Mg3Zn3Gd2). The Mg-2Zn2Gd alloy was indexed based on the Mg-Zn-Y patterns due to limited data available for Mg-ZnGd alloys. It is clear that no other phases were detected within the sensitivity limit of X-ray setup.

Figure 4.2: XRD pattern of annealed and MAF processed Mg-2Zn-2Gd alloy as a function of
grain size.
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4.2.2.

Surface Energy and Hydrophilicity

The surface energy estimated by the sessile drop method is presented in Table 4.1. In order
to relate the wetting of processed Mg-2Zn-2Gd alloys of different grain size to contributions from
polar and dispersed fractions, the surface free energy (SFE) and their polar and dispersion
contributions were calculated using Owens–Wendt–Rabel–Kaelble equations given below [213]:

𝜎𝑠 = 𝜎𝑠1 + 𝜎1 . COS 𝜃
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where,
σs1
σs

= Interfacial tension between liquid and solid.
&

σ1

= Surface energy of solid surface and surface tension of liquids respectively.

σsd & σsp = Dispersion and polar components of solid respectively.
θ = Contact angle between solid and liquid.
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Table 4.1: Surface energy of Mg-2Zn-2Gd alloy with different grain size.
Sample

Total Surface

Polar Component

Dispersion

Polar

Dispersion

Energy (mN/m)

(mN/m)

Component (mN/m)

Fraction

Fraction

S2

38.94

20.76

18.18

0.54

0.46

S3

43.58

25.34

18.24

0.58

0.42

S4

46.81

28.56

18.25

0.61

0.39

S5

48.68

30.41

18.26

0.63

0.37

S6

55.70

37.47

18.32

0.67

0.33

Figure 4.3 summarizes the contact angle of Mg-2Zn-2Gd alloy with water, normal-hexane
(n-hexane), simulated body fluid (SBF), and Dulbecco's modified eagle's medium (DMEM) as a
function of grain size. The objective of measuring contact angle with water and n-hexane was to
estimate the surface energy by polar and dispersion equations [213], and measuring contact angle
with SBF and DMEM was to mimic the wetting behavior of implant surface in the physiological
system. It can be seen from Figure 3 that wettability increases (i.e. contact angle decreases) with
decrease in grain size. The contact angle with SBF and DMEM decreased to ~49º and ~54º,
respectively for S6 as compared to S2 for which the contact angle values were ~72º and ~73º,
respectively for SBF and DMEM, as shown in Fig. 4.3. From Table 4.1, highest surface energy
was obtained for the lowest grain size alloy. Surface energy increased from ~39 mN/m for S1 to
~56 mN/m for S6.
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Figure 4.3: Histograms of contact angles measured with polar (water) and non-polar solvents (nHexane), and biological solutions (SBF and DMEM) on Mg-2Zn-2Gd alloy as a function of grain
size. *, #, and • represent significant differences (p<0.05) in measurement of contact angles in
water, SBF, and DMEM, respectively with respect to coarse grain sample (S2: ~44 µm).
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4.2.3.

Bacterial Adhesion

Figure 4.4 shows histograms for samples after normalizing with MTT data (with respect to
control), representing percentage of viable bacteria that adhered on Mg-2Zn-2Gd alloy of different
grain size. It can be clearly seen from Figure 4.4 that with decrease in grain size, the percentage of
viable bacteria (E. Coli) was decreased. The percentage of viable bacteria with respect to control
for E. Coli was ~84% for S2 and when the grain size was decreased to ~15 µm (S3) the bacterial
adhesion was significantly reduced to ~57%. With further decrease in grain size to ~710 nm (S6)
bacterial adhesion was further reduced to ~19 %.

Figure 4.4: MTT data representing viable E. Coli bacteria on Mg-2Zn-2Gd alloy as a function of
grain size. * means that bacterial count is significantly different as compared to control and
coarse-grained (S1) Mg-2Zn-2Gd alloy.
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4.2.4.

Bacterial Morphology and Apatite formation

Figure 4.5 summarizes the morphology of E. Coli bacteria on Mg-2Zn-2Gd samples with
grain size varying from ~44 µm to ~710 nm. It can be deduced from the micrographs that there
was a decrease in the number density of bacteria that adhered on surfaces with decrease in grain
size. The black circles labeled on the micrographs indicate damage/rupture of E. Coli bacterial cell
wall. The cell wall damage was observed to be more prominent with decrease in grain size. Apart
from the presence of bacteria, there were large gray islands of apatite nucleated from the media,
which was confirmed through EDS analysis (Figure 4.6). It can also be seen from the Figure 4.5
that the content of apatite increased with decrease in grain size (S2 to S6). Hence, from the above
results, it can be said that decrease in grain size not only enhances antimicrobial property but also
makes the alloy bioactive in terms of apatite formation. Figure 4.7 shows the change in pH of the
bacterial medium after 4 hours of immersion, horizontal line in Fig. 4.7 shows initial pH of the
bacterial medium i.e. ~7.4, it was evident from the Fig. 4.7 that the pH of the bacterial medium
increases as the grain size decreases, the pH for coarse grained sample (S2) increase to ~7.8,
whereas for ultrafine grained sample (S6) the pH value changes to ~8.9.
4.3.

Discussion
In the case of biodegradable implant materials, an important aspect to be considered is

antimicrobial behavior. The strong bioactive nature of these materials may enable rapid formation
of biofilm, which may start protecting these bacteria from immune response and external
antimicrobial treatment. Once, the proliferation of bacteria has occurred, it is difficult to diagnose
the infection by any traditional method. In the worst-case scenario, it may also lead to unexpected
demise of patient [214]. It is reported that in the case of degradable implants, the degradation rate
effects the pH and biocompatibility of the materials. It is also reported that the decrease in grain
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size of non-degradable implants such as zirconium alloys and titanium alloys improves the
antibacterial property through increased attachment for proteins and osteoblasts, which provide a
surface that does not favor bacterial survival [215].

Figure 4.5: Scanning electron micrographs representing the morphology of E. Coli bacteria on the
surface of Mg-2Zn-2Gd alloy as a function of grain size. Black circles on the micrographs indicate
rupture bacterial cell wall.
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Figure 4.6: EDS analysis confirming apatite on the surface of Mg-2Zn-2Gd alloy. Data is
presented for coarser grained (S2) and ultrafine grained (S6).
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Figure 4.7: Change in pH of Mg-2Zn-2Gd alloy after 4 hours, immersion in bacterial medium,
as a function of grain size.
The interaction between bacteria and biomaterial surface at the interface is complex
phenomenon and is strongly influenced by surface properties of biomaterials, the surrounding
micro-environment and type of bacteria. Surface properties such as surface chemistry, energy and
nanoscale roughness influence protein adsorption and subsequent bacterial attachment [192,
194,216-219]. Wetting behavior or hydrophilicity of the material surface has an important role in
the success of the implant [208]. The surface wettability significantly effects protein adsorption
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and regulates subsequent cellular activity [208]. Furthermore, cell adhesion and subsequent
bioactivity are strongly dependent on surface wettability [198, 203]. It is reported for metallic
implants that increase in wetting behavior led to increased osteoblast as well as stem cell
attachment [198-199]. More recently, it is proposed that wettability is significantly enhanced when
the grain size is reduced, which is related to surface energy of the material [203]. In the present
study, reduction in grain size increased the surface energy and enhanced wettability (decrease in
the contact angle) of the surface.
The adhesion of bacteria to the surface of material is significantly influenced by the surface
energy of the material [2, 204, 23-231]. The surface free energy is largely associated with surface
electronic behavior and is characterized by electron work function, which is the minimum energy
required to move an electron from the inside of material to the outside surface in a vacuum [21224]. The effect of grain structure on antibacterial activity was attributed to the surface electron
activity and electron work function of the material surface [192, 194]. It was concluded that lower
electron function in large grain size material represented increased electron activity and
contributed to more bacterial cell attachment. In contrast, nano/ultrafine structure with higher
electron work function represented lower electron activity, there by inhibited bacterial cell
adhesion.
During adhesion, charge transfer takes place between bacteria and substrate surface
depending on the bacterial strain and ionic strength, which may alter the electric potential of the
surface [225-227]. In line with the above discussion, in the present study, the higher surface energy
of ultrafine grained surface (S6) contributed to higher electron work function, and hence lowered
surface electron activity, which minimizes charge transfer between bacteria and substrate surface,
thereby reducing bacterial interaction.
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Figure 4.8: Schematic representation of antimicrobial behavior on coarse-grained and ultrafine
grained Mg-2Zn-2Gd alloy. E. Coli bacterial cell damage is represented on the ultrafine grained
schematic. Competition between adhesion of bacteria, Ca+2, and biomolecules, and release of Mg+2
ions is shown in the schematic.
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This conclusion is in agreement with the observation of reduced bacterial density with
decrease in grain size. Furthermore, the observed bacterial cell damage with decrease in grain size
can be attributed to the degradation and Mg+2 ion release from the Mg-2Zn-2Gd alloy. The
degradation rate of Mg-2Zn-2Gd alloy is controlled by the presence of Zn and Gd, which forms
precipitates (Mg3Zn3Gd) that are electrochemically more stable and reduce overall degradation
rate [228]. The contribution to antibacterial property is related to the degradation of the alloy
induced by rapid increase in pH and Mg+2 ions in the vicinity of implants surface, which is
responsible for antibacterial function of magnesium [229]. The reason is that bacteria can generally
be alive in an environment with pH in the range of 6.0–8.0. In this pH range bacteria, can maintain
a cytoplasmic pH that is compatible with the optimal functional and structural integrity of the
cytoplasmic proteins [230]. Hence, both acid and alkali environments are not suitable for survival
of bacteria. Consequently, E. coli is unable to survive under conditions of high pH value when the
alloy degrades [231].
A schematic of antimicrobial process is presented in Figure 4.8. It may be seen that the
decrease in grain size leads to high uniform corrosion [232] resulting in the production of more
Mg+2 ions, which increases the pH of the surrounding fluid causing severe damage of bacterial
wall and finally killing them as experimentally observed (Fig. 4.5). At the same time, given that
the bacterial growth was difficult on ultrafine-grained sample because of high surface energy and
there was more attachment of biomolecules, which reduced the probability for bacterial growth
[219]. The nucleation of Mg(OH)2 layer is expected to be rapid in the case of ultrafine-grained
alloy because of faster degradation rate during the early stage [228]. On the other hand, due to high
reduction on the ultrafine-grained alloy surface, the free electrons were envisaged to be more and
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hence faster reduction of Ca+2 ions took place, leading to greater apatite formation on ultrafinegrained alloy.
4.4. Conclusions
1. We have explored here the effect of grain size on antimicrobial activity of multi-axially forged
Mg-2Zn-2Gd alloy. A wide range of grain size were studied from ~44 µm to ~710 nm.
2. Wetting behavior and surface energy of the implant surface increased with decrease in grain
size.
3. Grain refinement significantly improved the antibacterial properties of Mg-2Zn-2Gd alloy. The
higher surface energy of ultrafine grained surface (S5) contributed to higher electron work
function, and hence lower surface electron activity, which minimized the charge transfer between
bacteria and substrate surface, thereby reducing bacterial interaction.
4. The higher surface energy of ultrafine-grained Mg-2Zn-2Gd alloy led to the release of more
Mg+2 ions during the initial stage, which increased the pH of fluid in the vicinity of implant,
producing unfavorable environment for the survival of bacteria, and consequent damage of cell
walls and reduced attachment.
5. Presence of Mg+2 ions and change in pH were considered unfavorable conditions for bacteria
survival resulting in superior antimicrobial property on ultrafine grained surface.
6. EDS analysis confirmed that grain refinement led to significant extent of apatite formation on
the alloy surface, which was indirectly indicative of enhanced bioactivity.
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Chapter 5: Grain Structure Dependent Self-Assembled Bioactive Coating on
Mg-2Zn-2Gd Alloy: Mechanism of Degradation at Biointerfaces

Abstract
Metallic biomedical devices with ultrafine-sized grains (UFGs) provide surfaces that are different
from their coarse-grained (CG) (tens of micrometer) counterpart in terms of increased fraction of
grain boundaries (UFG > 50%; CG < 2–3%). A novel concept of severe plastic deformation
involving multiaxial forging and annealing was used to obtain a wide range of grain structures,
starting from the UFG regime to the CG regime, to elucidate that the grain structure significantly
impacts bioactivity and degradation behavior at biointerfaces. Experiments on the interplay
between grain structure from the UFG regime to CG regime and bioactivity in a magnesium alloy
indicated that the fundamental mechanism associated with the biodegradation process was strongly
governed by the grain structure such that the ultrafine-grained alloy with dendritic growth of
apatite exhibited slowest degradation in comparison to the coarse-grained counterpart. The
differences observed in the biodegradation behavior with respect to grain structure are attributed
to differences in surface energy that led to the formation of a stable surface oxide and apatite layer
with dendritic morphology, which suppressed surface degradation at longer times in the UFG
alloy. The degradation rate expressed in terms of corrosion rate was observed to decrease from
10.74 mm/year to 3.77 mm/year, with decrease in grain size from ~44 µm to ~0.7 µm. The study
underscores and lays the foundation of a new branch of ultrafine grained magnesium alloy for
biomedical devices.
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5.1.

Introduction
Corrosion is generally considered as an undesirable phenomenon in engineering

applications, but in the case of biomedical devices, implants that are capable of biodegradation are
of significant interest [233-235]. In recent years, magnesium and its alloys have attracted
significant attention because of their suitable mechanical and biological properties [236]. In
contrast to stainless steel and titanium alloys, the mechanical properties of magnesium alloys such
as fracture toughness, elastic modulus and compressive strength are similar to human bone, which
largely minimizes stiffness mismatch between the bone and the implant and hence stress shielding
[237, 238]. Magnesium is one of the abundant materials in human body and is also present in
human bone [239].
Magnesium degrades rapidly in the physiological system at pH ~7.4 and at a temperature
of ~37° C, which results in loss of mechanical integrity and consequent failure of the implant
[240]. Furthermore, when magnesium reacts with the physiological fluid, hydrogen is evolved
leading to possible toxicity and infection [240, 241]. Thus, it is important to modulate the
biodegradation rate of magnesium alloys, especially for orthopedic applications.
Several approaches including surface modification and addition of alloying elements, have
been adopted to slow down the degradation process [242, 243]. Widely used alloying elements
include Zn, Ca and rare earth (RE) elements, while surface modification approaches include
formation of apatite through biomimetic approach [244]. The HAp [Ca10(PO4)6OH2] is a form of
calcium apatite and is a major component consisting of ions that are responsible to construct the
mineralization of bone and teeth [245]. HAp is bioactive with bone bonding ability and is clinically
used as bone spacers and fillers [245]. The lack of cytotoxic effect makes HAp biocompatible with
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hard tissue and soft tissue [245]. HAp is envisaged to help control the biodegradation rate of
magnesium alloys [245].
Highly crystallized HAp and octa-calcium phosphate (OCP) coatings on pure magnesium
and Mg–Al–Zn alloys by hydrothermal treatment (solution treatment) have been used to control
biodegradation [14]. The formation of highly crystallized HAp and OCP coatings was achieved
using Ca-EDTA, which can provide high concentration of Ca2+ ions on the magnesium surface
[246]. The high concentration of Ca2+ ions can enable the rapid formation of HAp layer, which
separates the Mg substrate from the treatment solution and prevents the subsequent release of Mg2+
ions [246]. When magnesium is immersed in an electrolyte, the following electrochemical
reactions occur:
Mg → Mg2+ + 2e−

(1)

2H2O + 2e− → H2 + 2(OH)−

(2)

Mg2+ + 2(OH)− → Mg(OH)2

(3)

Mg(H2PO4)2 + 4H2O → Mg3(PO4)2.4H2O + 4H3PO4

(4)

During corrosion, Mg ions dissolve in the physiological solution and pH increases because
of reaction 3 [247]. The high concentration of Mg ions suppresses the precipitation of calcium
phosphate. Such that precipitation of calcium phosphate is governed by pH [246]. In SBF,
insoluble tertiary magnesium phosphate Mg3(PO4)2, may also precipitate as a corrosion product
[246].
The formation of apatite depends on several factors such as temperature, pH and ionic
concentration of the immersion solution and surface energy [246, 248]. It is proposed that apatite
formation is faster on the surface of metallic materials as compared to polymers because of higher
surface energy of metallic materials [246]. Thus, grain refinement can be used as a potential
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approach to increase the surface energy and consequently promote apatite formation. This
constitutes the focal theme of study described here. Mg-2Zn-2Gd alloy was innovatively processed
via combination of severe plastic deformation (i.e. multiaxial forging) and annealing to obtain a
wide range of grain size. The hypothesis is that biodegradation behavior can be modulated through
change in the grain structure, which subsequently controls apatite formation. The objective of the
study is to fundamentally understand the self-assembled bioactive coating and degradation
behavior at biointerfaces involving different grain structure in a magnesium alloy.
5.2.

Results
The microstructure of Mg-2Zn-2Gd samples before placing them in simulated body fluid

(SBF) is presented in Figure 5.1 To study the impact of grain size on the degradation behavior,
samples of grain size ~44 µm (S2), ~5 µm (S4) and ~ 0.7 µm (S6) were selected. Table 3
summarizes the surface energy of Mg-2Zn-2Gd alloy as a function of grain size. It can be deduced
from Table 3 that the surface energy increased from ~39 mN/m to ~55.7 mN/m with decrease in
grain size from S2: 44 µm to S6: 0.7 µm.
Figure 5.2 shows the surface morphology of samples after immersion in SBF for 3, 6, and
12 h. It can be seen that in the case of S2 sample (44 µm), Mg(OH)2 layer was developed in 3 h,
and a thin white layer of apatite formed on the surface, which was confirmed by EDS. When the
time was increased to 6 h (Fig. 5.2b), the layer became more stable such that number of surface
cracks were visible.
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Table 5.1: Surface energy of Mg-2Zn-2Gd alloy with different grain size (S2, S4, S6).
Sample

Total Surface

Polar Component

Dispersion

Polar

Dispersion

Energy (mN/m)

(mN/m)

Component (mN/m)

Fraction

Fraction

S2

38.94

20.76

18.18

0.54

0.46

S4

46.81

28.56

18.25

0.61

0.39

S6

55.70

37.47

18.32

0.67

0.33

Figure 5.1: Light micrographs of annealed and multiaxial forged (MAF) Mg-2Zn-2Gd alloy as a
function of grain size.
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This suggested the stability of Mg(OH)2 layer with small crystals of apatite (small white
precipitates) present on the layer. With further increase in time to 12 h (Fig. 5.2c), the Mg(OH)2
and apatite layer was no more stable and started coming off the surface. The surface morphology
of S6 sample with grain size of ~5 µm is presented in Figs 5.2d-f. It is apparent in Fig. 5.2d that
after 3 h, the Mg(OH)2 layer was less stable compared to S2 sample after 3 h (Fig. 5.2a), and after
6 h (Fig. 5.2e).
The degradation of the surface started with peeling off Mg(OH)2 layer unlike S2 sample after 3 h
(Fig. 5.2b), where the layer was stable until 6 h. At 12 h (Fig. 5.2f), the surface degradation was
even higher. Figures 5.2g-i describe the surface morphology of S6 sample grain size of ~7 µm. It
is clear from Fig. 5.2g that after 3 h of immersion, Mg(OH)2 layer with thin apatite layer was
rapidly formed, but was less stable compared to S2 and S6 samples. With increased immersion
time to 6 h (Fig. 5.2h), the surface degraded relatively faster than S4, and degraded even more
after 12 h (Fig. 2i). In summary, with decrease in grain size, the stability of Mg(OH)2 and apatite
layer was decreased.
Figure 5.3 shows the surface morphology of Mg-2Zn-2Gd alloy after immersion in SBF for 3, 7,
11, and 16 days in SBF. It can be seen from Fig. 5.3a-d that the surface degradation of S2 increased
with increase in immersion time from 3 to 16 days. On day 3, some parts of the surface started
degrading. On day 7, the apatite and Mg(OH)2 layer was more damaged, while on day 16, the
surface was completely degraded (Fig. 5.3d). The surface morphology of S4 sample is presented
in Figures 5.3e-h. On day 3, the surface was more stable as compared to S2, but on day 7, there
was a significant change in surface stability, i.e. surface was more stable as compared to day 3,
unlike S2, where the surface stability decreased with increased immersion time. After 11 days, the
apatite layer became multilayered and stable, and apatite crystals developed a dendritic structure
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on the existing apatite layer. With increase in time to 16 days, dendritic growth of apatite crystals
occurred, and surface was stable.

Figure 5.2: Surface morphology of Mg-2Zn-2Gd alloys samples after immersion in SBF for 3, 6
and 12 hours.
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Figure 5.3: Surface morphology of Mg-2Zn-2Gd alloy samples after immersion in SBF for 3, 7,
11, 16 days.
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The surface morphology of S6 sample is presented in Figure 5.3i-l. From Fig. 5.3i it is
evident that the surface is stable in the presence of a thin white layer of apatite. With increase in
time to 7-11 days, there was significant nucleation and growth of dendritic apatite crystals. In
summary, with decrease in grain size, the surface became more stable at longer times, when
nucleation and growth of apatite crystals occurred. The stability of ultrafine-grained magnesium
alloys appears to depend on the nucleation and growth of apatite crystals with dendritic
morphology at longer times.

Figure 5.4: X-ray diffraction patterns of Mg-2Zn-2Gd alloy samples after soaking for 7 days in
SBF.
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X-ray diffraction patterns of Mg-2Zn-2Gd samples after immersion in SBF for 16 days
(Figure 5.4) confirmed the presence of hydrated MgO (ICDD#071-3631), calcium phosphate
(ICDD#09-080), and α-magnesium (ICDD#35-0821). It may be seen that as the grain size
decreases, the intensity of apatite peak increases, implying increase in the apatite phase from S2
to S6. Peaks of α-magnesium were suppressed because of enhanced formation of apatite on the
surface. XRD intensity of hydrated MgO was also decreased because of increase in apatite
formation on the surface with decrease in grain size. To further corroborate the XRD results
(Figure 5.4), SEM-EDS (Figures 5.2 and 5.3) was performed at several locations on the surface
for the determination of composition of coating. Furthermore, FTIR was used to estimate if any
other compounds are present. The thickness of the layer forming on the samples during
biodegradation is difficult to measure because it is non-uniform and irregular, since the material
itself is degrading during the process. But, it is clear from Table 3 that with reduction in grain size,
there was faster electrochemical reaction due to high surface energy, which resulted in
accumulation of more apatite on the surface.
The change in pH with immersion time in SBF after 3, 7, 11 and 16 days is summarized in
Figure 5.5. The horizontal line in Fig. 5.5 shows the initial pH of immersion solution of ~7.40. It
is clear from the figure that the pH of the solution increased with increase in immersion time. In
the case of coarse-grained sample (S2), the pH of the solution increased from ~7.40 to ~8.98 on
day 3 of immersion, and subsequently increased to ~10.2 after 16 days. While the pH of sample
S4 first increased to ~9.02, but with increase in immersion time, the pH decreased to ~8.21 and
finally to ~8.14 after 16 days of immersion. The change in pH of S6 was similar to S4 sample, the
pH first increased to ~9.21 on day 3 of immersion and then decreased to ~8.10 after 16 days.
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Figure 5.5: Change in pH of immersion solution after soaking Mg-2Zn-2Gd alloy sample for 3,
7, 11, 16 days in SBF.
Figure 5.6 shows the FTIR spectrum of degraded products of Mg-2Zn-2Gd alloy after immersion
in SBF for 16 days. The peaks in the range 400 cm-1 to 800 cm-1 correspond to Mg-OH bands.
Mg-OH bands were also observed between 2900 cm-1 to 300 cm-1, the bands between 1000 cm-1
to 1200 cm-1 belong to PO4-3, similarly the bands between 2200 cm-1to 2800 cm-1 belong to H2O,
and the broad spectrum between 3000 cm-1 to 3600 cm-1 is attributed to OH-. These identified
bands are consistent with the literature [251].
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Figure 5.6: FTIR spectra degraded product of Mg-2Zn-2Gd alloy (S6) after soaking in SBF for
16.
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Figure 5.7: Corrosion rate of Mg-2Zn-2Gd alloy samples after soaking in SBF for 3, 7, 11,
16 days.
The corrosion/degradation rate of Mg-2Zn-2Gd samples soaked in SBF for 3, 7, 11 and 16
days is summarized in Figure 5.7. It is evident from Fig. 5.7 that the corrosion rate for coarsegrained sample (S2) increased from ~1.81 mm/year on day 3 to 10.74 mm/year on day 16, but this
was not the case for S4 and S6 samples. For S4 on day 3, the corrosion rate was ~1.82 mm/year
and increased to ~5.8 mm/year on day 7, followed by decrease in corrosion rate to ~4.67 mm/year.
This behavior was in contrast to S6 sample, where the corrosion rate continuously increased until
day 11, followed by decrease on day 16 to 3.77 mm/year, which was less than half of the corrosion
rate of S2 sample on day 16. In summary, the corrosion rate of coarse-grained Mg-2Gn-2Gd alloy
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increased continuously with time, while for ultrafine-grained alloy, the corrosion rate initially
increased, but after day 7, it decreased with time.
Figure 5.8 is a schematic illustration of the biodegradation process of magnesium alloy for
coarse-grained and ultrafine-grained structure. During the early stages, on the coarse-grained
sample S2, a stable Mg(OH)2 layer was formed but with increase in time, the Mg(OH)2 layer
became porous and eventually peeled-off because of hydrogen evolution. This layer was
responsible for the formation of loose apatite layer on the coarse-grained sample. But in the case
of ultrafine-grained alloy, because of faster rate of electrochemical reaction, the Mg(OH)2 layer
was not initially stable, but with increase in time, stable apatite layer was formed, which facilitated
the nucleation of repeated apatite crystals on the surface such that a very thick apatite layer was
formed. The thick apatite layer not only reduced the hydrogen evolution but also significantly
improved the biocompatibility because hydroxyapatite is a constituent of bone and promotes bone
formation [14].
5.3.

Discussion

The ultrafine-grained sample (S6) was characterized by higher surface energy because of high
fraction of grain boundaries as compared to S2 and S4 sample. The morphology and thickness of
apatite layer and other phases formed on the surface are non-uniform and depends on several
parameters such as temperature, pH, time etc. The formation of apatite on the surface depends not
only on soaking time but also on grain size. The stability of Mg(OH)2 layer during the early stages
of immersion (up to ~12 h) can be visualized in terms of number of cracks and pores visible on the
respective surface.
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Figure 5.8: Schematic of biodegradation of magnesium alloy with coarse-grained and ultrafinegrained structures.
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If the layer has less number of pores and cracks, it can be considered to be stable. When the samples
were soaked for a short period of time, then apatite layer was more stable on the coarse-grain
sample (S2), a behavior attributed to slower rate of electrochemical reaction and less hydrogen
evolution on the surface with lower surface energy. But hydrogen evolution rate increased with
time, which led to the degradation of Mg(OH)2 layer, prior to the formation of apatite on the
existing Mg(OH)2 layer. Whereas on the ultrafine-grained sample (S6), the corrosion rate was
higher and electrochemical reaction was faster, which led to significant H2 evolution such that the
Mg(OH)2 layer was not stable, and consequently the apatite layer was also not stable, (Figs 5.2gi). The stability of the Mg(OH)2 layer on S4 sample was between the S2 and S6 samples.
However, when the samples were soaked for several days (3, 7, 11, 16 days), the coarsegrained sample was less stable as compared to ultrafine-grained sample, where the Mg(OH)2 layer
was more stable. It is envisaged that the higher surface energy of ultrafine-grained alloy was
responsible for higher electrochemical kinetics such that the rate of apatite formation was high and
multiple layers of apatite were formed on the surface as compared to the coarse-grained sample.
The initial degradation rate was high because of the presence of Cl - ions in the SBF solution, but
after 7 days, the degradation rate was suppressed because of deposition of calcium phosphate
(apatite). The layer was even more stable after day 11 and 16 in case of ultrafine-grained sample
because with increase in time the initial apatite crystals provided nucleation sites for the formation
of dendritic apatite, which stabilized the alloy surface by reducing the rate of electrochemical
reaction. Orientation of the deposited layers can govern the nucleation and morphology of
subsequent layer forming on the substrate. Electrochemical reaction controls the biodegradation
(degradation rate) of samples and is influenced by the ionic composition of the coating rather than
its orientation. Another possible reason of increased stability is that with increase in time, the
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interface becomes rich in Mg+2 ions. The Mg-rich interface promotes the nucleation of calciumdeficient apatite, leading to reduced degradation of the alloy [14]. The increased thickness of
calcium-deficient apatite layer protects the substrate from further degradation [14]. The formation
of apatite was more on the ultrafine-grained alloy consistent with X-ray diffraction studies after 7
days of immersion. The primary peaks of apatite shifted from ~32.5° to ~26.5° because of doping
of apatite layer with Mg ions. The intensity of peak at ~26.5° increased with decrease in grain size,
confirming increased formation of apatite. It is clear from Table 3 that with reduction in grain size,
there was faster electrochemical reaction due to high surface energy, which resulted in
accumulation of more apatite on the surface.
The increase in the pH is justified by the increase in the concentration of Mg+2 ions. In the
case of coarse-grained sample (S2), the release of Mg+2 ions were faster because of the loose
corrosion layer. With decrease in grain size, the deposition of apatite layer reduced degradation
such that the Mg+2 ions in the surrounding medium were reduced leading to decrease in pH of the
solution. In ultrafine-grained alloy (S6), the initial formation of Mg(OH)2 layer on the surface was
rapid, which rapidly increased the pH of the solution. This increase in pH triggered nucleation and
growth of Ca–P layer, which ultimately led to a stable Ca-P layer on the ultrafine-grained surface
(S6). Thus, the corrosion rate of ultrafine grained samples was decreased because of the formation
of apatite layer.
5.4.

Conclusions

a. The overall degradation rate of Mg-2Zn-2Gd alloy was suppressed with decrease in grain size.
The degradation rate was initially high for ultrafine-grained alloy and stable for coarse-grained
alloy, but with increase in immersion time, the ultrafine-grained alloy became stable by forming a
stable layer of Mg(OH)2. Thus, the stability of layer increased after 11 and 16 days for ultrafine-
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grained alloy is envisaged to be related to increased concentration of Mg2+ at the interface. The
Mg-rich interface promoted the nucleation and growth of Ca–P–Mg apatite, resulting in reduced
degradation of ultrafine-grained alloy.
b. The X-ray diffraction analysis confirmed the formation of apatite, and the principle peak was
shifted, confirming doping of apatite layer by Mg2+. FTIR, EDS and XRD analysis confirmed the
formation of Mg(OH)2 and calcium phosphate as a corrosion product.
c. The high initial corrosion rate of ultrafine grained alloy, rapidly changed the pH of the SBF
solution such that the nucleation of Ca-P phase is promoted on the alloy surface, which ultimately
resulted in the formation of stable Ca-P layer on the ultrafine-grained surface.
d. The degradation rate of ultrafine-grained alloy was controlled by the formation of apatite layer,
which reduced hydrogen evolution and is expected to promote cell growth. The controlled
degradation is expected to help in maintaining the mechanical integrity with time.
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Chapter 6: Bioactivity, Cytocompatibility and Effect of Cells on Degradation
Behavior of Ultrafine-grained Mg-2Zn-2Gd Alloy

Abstract
Magnesium alloys are considered to be the next generation of biomaterials because of their ability
to degrade in the physiological environment. We elucidate here the structure-property relationship
in Mg-2Zn-2Gd alloy to maintaining mechanical integrity during degradation. Furthermore, we
studied the effect of degradation behavior in the presence and absence of cells. As-cast Mg-2Zn2Gd alloy was subjected to heat treatment and multiaxial forging, to obtain different grain size.
Considering that the microstructure governs the biological response of materials, we first studied
the constituents of the microstructure in conjunction with the mechanical behavior. This was
followed by the study of bioactivity in terms of phases present on the surface and degradation
products in simulated body fluid (SBF). Magnesium coated with apatite using a biomimetic
approach were placed in a 24-well culture plate with α-MEM media and the degradation behavior
was studied in the absence and presence of cells (seeding density: 10,000 cells/cm 2). The change
in pH was monitored at regular intervals. Cell attachment was studied by seeding the cells for 4h
and cell viability was studied by seeding the cells for up to 1, 3, and 7 days. The study underscores
that the degradation rate was more in the presence of cells because of metabolic activity of cells,
which reduces the formation of salt layer resulting in increased charge transfer from substrate to
solution, which also led to higher drop in pH in the presence of cells. In contrast to coarse-grain
alloy, the ultrafine-grained samples exhibited controlled degradation and enhanced cellular
attachment, viability and higher fibronectin expressions.
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6.1.

Introduction
Magnesium alloys have gained significant attention as next generation biodegradable load-

bearing implant materials, because of good mechanical properties and biocompatibility [252-256].
Magnesium is the fourth most abundant material in the human body and is biodegradable in the
physiological environment [257]. A biodegradable implant in the physiological system is preferred
to avoid repeated surgery and any infection issues that the patient may encounter in the long term
[258]. Ideally, a biodegradable metal should degrade in the physiological system at a desired rate
and be non-toxic or adversely affect existing metal-organic molecules and enzymes present in the
physiological environment [259-267]. Several studies have been conducted exploring the
biocompatibility of bare magnesium alloys. Hydrogen evolution and fast degradation of these
alloys may sometime hinder accurate evaluation of biocompatibility, because hydrogen evolution
makes the culture medium acidic leading to the death of large number of cells and degraded
particles lead to the inaccurate evaluation of cell viability results. Thus, it is preferred to test the
cytotoxicity of the degraded products, rather than testing the material by seeding cells on the bulk
samples, which is the case for steels and titanium alloys [268-269].
The mechanical properties of Mg are close to the human bone. For example, the Young's
modulus and density of magnesium are ~45 GPa and 0.74 g·cm−3, respectively and are
satisfactorily comparable to the elastic modulus and density of human bone, which are 10-20 GPa
and 1.5-2.0 g·cm−3, respectively. However, magnesium alloys biodegrade in the physiological
system and are expected to maintain mechanical integrity with time, which is a critical aspect.
Thus, it is important to improve the mechanical behavior of these alloys to withstand long term
load bearing application. Severe plastic deformation is an approach to enhance the strength of
metallic materials through grain refinement [270]. It is reported that grain refinement of stainless
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steels increases strength without compromising elongation, and simultaneously favorably
modulates cellular activity [269]. Thus, refining the grain size of magnesium alloys will enable
both increase in strength for maintaining long term mechanical integrity with degradation and
enhance cell-material interactions.
Micro-arc oxidation (MAO) has emerged as an effective approach to slow down the
degradation and hydrogen evolution in magnesium-based alloys [271]. It is reported that MAO
reduces the degradation rate of AZ31 to a significant level by reducing its bioactivity because of
the presence of MgO. Calcium phosphate coating is another approach to favorably change the
degradation behavior of magnesium-based alloys. Given that calcium phosphate is a constituent
of bone, it is a favorable coating, which improves the bioactivity and biocompatibility of the alloy
and promotes bone growth at the site of implantation [272]. Biomimetic approach is one of the
favorable approach for the formation of apatite layer on magnesium-based alloys [273]. Since the
approach involves deposition by chemical reaction, the coating adherence is good as compared to
other methods [273]. But the formation of coating and the morphology of deposited apatite
depends on several factors such as temperature, atmospheric composition, rate of electrochemical
reaction, time of immersion etc. [273]. Majority of the time, the apatite layer is very thin and less
stable because of continuous hydrogen evolution during the electrochemical reaction, which makes
the film porous [271]. Thus, the degradation behavior of substrate materials need to be improved.
In the present study, magnesium-based alloy having 2% Zn and 2% Gd was subjected to
multiaxial forging (MAF) at a temperature of 450°C, leading to a high degree of grain refinement
because of activation of a number of slip systems at elevated temperature. A wide range of grain
size was obtained through the combination of annealing and forging of the as-cast Mg-2Zn-2Gd
alloy. The degradation behavior was studied by immersing the samples in simulated body fluid
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(SBF) before seeding the cells, which resulted in different morphologies of apatite layer depending
on the grain size. After the stable deposition of apatite layer, the degradation behavior of the alloy
in the culture medium was explored in the presence and absence of cells. Cellular activity was
studied as a function of grain size and apatite morphology on the alloy surface.
6.2.

Results
Scanning electron micrographs of annealed and multiaxial forged Mg-2Zn-2Gd alloy are

presented in Figure 6.1. Fig. 6.1a shows the microstructure of as-cast Mg-2Zn-2Gd alloy annealed
at 500°C for 2 h, (referred as S2), the dark phase at the grain boundary is Mg3Zn3Gd, named as
standard W-phase. The average grain size of the sample was 44 µm. Fig. 6.1b shows the scanning
electron micrograph of as-cast Mg-2Zn-2Gd alloy, multiaxially forged up to two passes (named as
S4) with a total induced strain of 4.2 with average grain size of 5 µm. The presence of precipitates
at the grain boundaries (Fig. 5.1a) played a crucial role in grain refinement during the forging
process through fragmentation and consequent dispersion in the matrix. Fig. 5.1c is the micrograph
of as-cast Mg-2Zn-2Gd alloy annealed at 500°C for 2 h and forged up to 2 passes (named as S6)
with total induced strain of 4.2. The introduction of annealing step prior to forging led to even
greater degree of grain fragmentation as compared to forging of as-cast alloy (Fig. 5.1b). The
average grain size of S6 was 0.7 µm.
X-ray diffraction pattern of Mg-2Zn-2Gd alloy for the three processing conditions was
shown in Figure 6.2. It was confirmed from XRD patterns that there was no formation of oxide
during and after processing. The confirmation of second phase was also evident from the XRD
patterns. All the primary peaks for α-Mg were present and no unknown phase were detected. The
α-Mg peaks and W-phase (Mg3Zn3Gd) identified in Fig. 6.2 are consistent with the literature [284].
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Figure 6.1: Scanning electron micrographs forged Mg-2Zn-2Gd alloy as a function of grain size.
SEM micrographs representing surface morphology of Mg-2Zn-2Gd alloys after
immersion in SBF for 16 days (left column), followed by immersion in culture media (right
column) are presented in Figure 6.3. It is evident from Fig. 6.3 that the surface stability before
soaking increased from S2 to S6 with dendritic morphology of apatite on the surface (S4, S6),
whereas S2 was least stable and dendritic morphology was absent. It is evident from Fig. 6.3 (right
column) that after soaking in culture media for 7 days that the dendritic structure starts breaking
up, whereas the least stable surface (S2) degraded fastest amongst all. The surface damage is
almost at the same scale in both S4 and S6 samples.
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Figure 6.2: X-ray diffraction pattern of annealed and multiaxial forged Mg-2Zn-2Gd alloy with
different grain size [270].
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Figure 6.3: Surface morphology of Mg-2Zn-2Gd alloys of different grain size, after immersion in
SBF for 16 days (left), followed by immersion in culture media for 7 days (right).
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Figure 6.4: X-ray diffraction patterns of Mg-2Zn-2Gd alloy with different grain size, before
soaking into culture media.
Figure 6.4 shows X-ray diffraction pattern of samples prior to soaking into the culture media,
confirming the formation of apatite. It can be seen from Fig.6.4 that the intensity of calcium
phosphate peaks increased with decrease in grain size consistent with increase in nucleation and
growth of dendrites on S4 and S6 (Fig. 6.3-left column).
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Figure 6.5: Change in pH value of culture media at different time periods with and without
presence of cells seeded on Mg-2Zn-2Gd samples of different grain size.
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Figure 6.5 shows the change in pH value when samples were immersed in the culture media
in the presence and absence of osteoblasts. It can be seen from the Fig.6.5 that the change in pH is
more in the presence of cells. The initial pH value of culture media was 7.4. The pH of the solution
first increased in 4 h, and then decreased and continued to decrease until 7 days for both with and
without cells in the culture media. After 4 h, the pH change in culture media with no cells was
more (7.71) for coarse-grain sample (S2) as compared to ultrafine-grained samples (S4 and S6)
where the pH changed to 7.68 and 7.65 for S4 and S6, respectively. After day 1, the pH started
decreasing in both the cases and finally on day 7 the pH for S2, S4 and S6 decreased to 7.21, 7.14,
7.08, respectively in culture media without cells. Similar trend was observed in the presence of
cells but the change in pH was slightly more as compared to the culture media without cells. After
7 days, the pH decreased to 7.08, 7.16, and 7.18 for S2, S4, and S6 in the presence of cells.
The corrosion rate of Mg-2Zn-2Gd samples immersed in culture media up to 7 days in the presence
and absence of cells is presented in Figure 6.6. Fig. 6.6a shows the corrosion rate of Mg-2Zn-2Gd
alloy of different grain size in culture media in the absence of cells. It can be seen that the corrosion
rate in the absence of cells decreases with decrease in grain size, the corrosion rate after 4 h for S2
was 0.56 mm/year and it increased to 5.87 mm/year on day 7 in the absence of cells. Similarly, for
S6, the corrosion rate after 4 h was 0.46 mm/year as compared to 3.11 mm/year on day 7 in the
absence of cells. Fig. 6.6b shows the corrosion rate in the presence of cells.
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Figure 6.6: Corrosion rate of Mg-2Zn-2Gd alloy after soaking in culture media with and without
presence of cells for different time periods as a function of grain size.

It is evident that the corrosion rate in the presence of cells was higher than the corrosion
rate in the absence of cells, and corrosion rate decreased with decrease in grain size. The corrosion
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rate after 4 h of immersion in culture media with cells for S2 was 0.61 mm/year which is little
higher than the case in absence of cells (0.56 mm/year). Corrosion rate for S2 sample increased to
6.14 mm/year on day 7. Similarly, the corrosion rate for S6 sample was observed to be 0.49
mm/year after 4 h of immersion in culture media with cells and increased up to 4.11 mm/year on
day 7.

Figure 6.7: Histograms representing initial cell attachment of pre-osteoblast after culture time of
2–4 h by MTT assay on Mg-2Zn-2Zn alloy of different grain sizes after immersion in SBF for 16
days.
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Figure 6.7 shows the initial cell attachment of pre-osteoblasts after 2 h and 4 h on the
surface of Mg-2Zn-2Gd alloy with different grain size. It can be seen that cell attachment increased
with decrease in grain size and with time for all the samples. Cell viability on Mg-2Zn-2Gd
samples of different grain size after 1, 3 and 7 days was analyzed via MTT assay (Figure 6.8). It
can be seen from Fig. 6.8 that the cell viability increased with decrease in grain size and with time
up to 7 days of incubation. The OD of viable cells on 1st day of incubation was 1.47, 1.59 and 1.72
for S2, S4 and S6 respectively, which increased to 2.14, 2.52 and 2.89 for S2, S4 and S6,
respectively on 7th day of incubation.
Figure 6.9 shows the fluorescent micrographs of DAPI-stained pre-osteoblast cell nuclei on
Mg-2Zn-2Gd samples with different grain size incubated for 1 day. It is apparent from Fig.6.9 that
the number of cell nuclei (few indicated with white arrow) were more on ultrafine-grained sample
S6 as compared to coarse-grained sample S2, which is consistent with the higher OD observed in
Fig. 6.8. Since the samples were coated with apatite and the apatite coating depends on grain size
and hydrophilicity of the surface, it can be seen that the quantity of apatite (blue background)
increased from S2 to S6 [271].

111

Figure 6.8: Histograms representing pre-osteoblast viability after 1–7 days of incubation by
MTT assay on Mg-2Zn-2Gd alloy samples of different grain sizes after immersion in SBF for 16
days.
On S2, the coating was non-uniform, whereas, on S4 the coating appeared uniform but with
pores through the surface and finally on S6 the coating had large apatite globules on the surface.
Figure 6.10 shows the expression of fibronectin after 2 days of incubation, which is one of the
earliest extracellular protein secreted by osteoblast cells upon cell adhesion. It can be seen from
Fig. 6.10 that number of cells present on the surface increased with decrease in grain size. Cells
were observed to make contact by spreading over the apatite grain boundaries. The grain
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boundaries of apatite were more in S6, and thus, the cell growth and spreading was more on S6
sample as compared to S2 and S4.

Figure 6.9: Fluorescent micrographs of pre-osteoblast nucleus incubated for 24 h on Mg-2Zn2Gd alloy as function of grain size after immersing in SBF for 16 days.
6.3.

Discussion
There are very few studies reported in the literature on the corrosion behavior of substrate

in the presence of cells. These studies indicated that the metallic materials such as stainless steels
and Ti-alloys had higher corrosion rate in the presence of cells [274]. But stainless steels and Tialloys are non-degradable metallic implant materials. Surface corrosion becomes significantly
important when the alloy is biodegradable, particularly, the initial degradation.
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Figure 6.10: Fluorescence micrographs representing immunochemistry of fibronectin expressed
by pre-osteoblast after incubation of 48 h on Mg-2Zn-2Gd alloy with different grain size after
immersion in SBF for 16 days.
This is because Mg alloys are very sensitive to differences in the corrosion environment compared
to other metallic materials, such that the enhanced degradation in the presence of cells may mislead
between estimated corrosion rates in fluids without cells. The high corrosion sensitivity can help
in elucidating the mechanism involved in higher degradation of substrate in the presence of cells.
In our study, the ultrafine-grained sample (S6) exhibited superior cell-material interaction and
corrosion resistance as compared to S2 and S4.
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The apatite was deposited on Mg-2Zn-2Gd alloy of different grain size by using
biomimetic approach, fine-grained and ultrafine-grained sample (S4 and S6) showed the presence
of repeated apatite layers as dendritic morphology on the surface as compared to coarse-grained
surface (S2). The reason for repeated apatite formation can be attributed to large number of grain
in ultrafine-grained alloys that acted as nucleation sites for the growing apatite [271]. The detailed
study of surface stability, degradation behavior and mechanism of formation of apatite has been
discussed elsewhere [271]. XRD studies of the surface before soaking in the culture media
confirmed the formation of apatite on the samples. The increase in the apatite content on the
samples led to increase in the intensity of apatite peaks with decrease in grain size. The principal
apatite peak shifted because of doping of Mg+2 into apatite matrix replacing Ca+2.
The surface morphology in Fig. 6.3 confirmed that when the apatite coated samples were
immersed in culture media for 7 days, the presence of dendritic structure significantly reduced the
surface degradation of ultrafine grained samples because the ultrafine grained samples had apatiterich surface, which significantly slowed down the electrochemical reaction leading to less surface
degradation. However, chloride ions present in the culture media attack the surface pits of substrate
and space between the dendrite arms, leading to the breakage of dendrites into smaller dendrites
and growth of pits.
The change in pH (Fig. 6.5) in the presence of cells was observed to be more as compared
to the culture media with no cells. The decrease in pH of culture media without cells can be due to
the electrochemical reaction which leads to release of Mg+2 ions and evolution of hydrogen. The
increase in change in pH in the presence of cells can be attributed to the metabolic activity of live
cells. It has been reported that the release of Mg+2 was more in the presence of cells [275], which
again supports the larger change in pH in the presence of cells and higher corrosion rate. In culture
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media without cells, Mg-2Zn-2Gd alloy releases Mg2+cations and free electrons, which produces
hydrogen gas and OH-. As soon as the OH- is released into the solution, precipitation and localized
alkalization of insoluble salts occurs, which includes magnesium/calcium phosphate and carbonate
and magnesium hydroxide. The formation of an insoluble salt layer is responsible for reduced
corrosion in the absence of cells [275]. In the presence of living cells, cells adherent to the sample
surface act as diffusion barrier together with the insoluble salt layer, which initially retards
corrosion of the substrate. However, cellular metabolic activities generate and release H+ into the
medium. Thus, the pH is gradually decreased with increase in incubation period. This reduction in
pH reduces the insoluble salt layer formation and encourages charge transfer at the substrate and
transition state, which resulted in increased corrosion of Mg-2Zn-2Gd alloy (Figure 6.6).
The results presented in Figures 6.7-6.9 suggest that grain size has an impact on cell
attachment and cell viability. The ultrafine-grained structures indicated a strong impact on
biological functions that are important for pre-osteoblast development and cell adhesion. The
observations confirmed that the ultrafine-grained sample exhibited favorable surface properties
different from the coarse-grained alloy, provided the nature of oxide formed was similar [271].
The compatibility between the host tissue and implant material is governed by the morphology
and chemistry of the implant surface and this also has a significant impact on cell attachment and
cell growth [269].
Cellular interaction on substrate depends on the nature of surface, cell type and biological
macromolecules present at the interface. Cell adhesion is an important parameter for determining
biocompatibility [276-277]. For “osteoblasts”, early colonization of the implant surface promotes
bone tissue repair in the peri-implant region leading to effective osteointegration of implants [278].
Cell-material interactions during cell adhesion are primarily influenced by the properties of the
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material, specifically, the presence of biological macromolecules at the interface. The presence of
specific types of proteins at the interface of cell and biomaterial surface may enhance the signal
transduction, where the extracellular events are communicated to intracellular processes by the
ECM-transmembrane-cytoskeleton network [279, 280]. Fibronectin is one of the earliest
metabolized extracellular protein secreted by osteoblast cells. Fibronectin also plays a key role in
modulating cell adhesion and functions related to cell growth [279]. Increase in the density of cells
with higher expression of fibronectin observed with decrease in grain size suggests superior cell
adhesion on S6 sample (Figure 6.10). This can be attributed to the presence of more grain
boundaries of apatite in S6 as compared to S2 and S4, and hence, the cell growth and spreading
was more on S6 sample.
Thus, based on the above discussion, the determining aspects that govern adsorption of
macromolecules and ability of cells to proliferate on surfaces are hydrophilicity, ionic bonding,
electrostatic and van der Waals interactions [281]. Thus, it can be said that the hydrophilicity is
mainly dependent on surface chemistry and grain size. Hydrophilic surfaces are known to enhance
activity of alkaline phosphatases and osteocalcin, which promote an osteogenic microenvironment
[282]. Furthermore, hydrophilic surfaces promote adsorption of fibronectin and albumin [283].
Thus, it is clear that the enhanced expression of ultrafine-grained Mg-2Zn-2Gd alloy was due to
the hydrophilic nature of the surface [284]. The combination of enhanced cell attachment,
proliferation and higher expression level of fibronectin suggested that ultrafine-grained surface
promotes cellular activity and processes required for cell-substrate interaction and cell adhesion.
In conclusion, it was confirmed from the results that the ultrafine-grained alloy exhibited
superior corrosion resistance in the absence and presence of cells. Furthermore, ultrafine-grained
samples also exhibited superior cell attachment, cell viability and fibronectin expressions,
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implying that Mg-2Zn-2Gd alloy has potential to be used as load bearing biodegradable implant
material.
6.4.

Conclusions

1.

The degradation of apatite coated coarse-grained and ultrafine-grained Mg-2Zn-2Gd alloy
immersed in culture media in the presence of cells was more in comparison to the absence
of cells.

2.

The degradation mechanism in the absence of cells is attributed to regular electrochemical
reactions involving the attack of chloride ions on surface, causing pitting corrosion and
breaking of dendrites because of faster electrochemical reaction between the interdendritic
arm spacing.

3.

The increased corrosion rate in the presence of cells was mainly because of greater decrease
in pH associated with the metabolic activity of live cells.

4.

The stability of apatite coated on Mg-2Zn-2Gd alloy samples with respect to grain size
played a major role in arresting the degradation and hydrogen evolution produced due to
immediate electrochemical reaction after immersion in the culture media.

5.

The enhanced cellular activities were governed by the high surface energy and hydrophilic
nature of ultrafine-grained Mg-2Zn-2Gd alloy as compared to the coarse-grained alloy.
The fibronectin expression was also enhanced on ultrafine-grained alloy.

6.

The study underscored that multiaxially forged ultrafine-grained Mg-2Zn-2Gd alloy
resulted in high degree of cell attachment and reduced degradation rate and hydrogen
evolution. Thus, it has a potential to be utilized as load bearing biodegradable orthopedic
implants.
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Chapter 7: Conclusions and Future work
7.1. Conclusions
1. The Mg-2Zn-2Gd alloy was successfully cast with aimed composition provided in Table 2.1.
2. Multiaxial forging (MAF) of as-cast and annealed alloy resulted in ultimate grain size in the
submicron regime.
3. X-ray diffraction confirmed the formation of standard W-phase at the grain boundaries as a
white island in the as-cast alloy and α-Mg as grains.
4. Highest tensile strength of 272 MPa was obtained in as-cast, annealed and multiaxially forged
alloy as compared to 116 MPa in the as-cast alloy. This is because of dynamic recrystallization
and homogeneous nucleation of precipitates in the alloy.
5. The deformability of W-phase particles was more after second pass of forging such that fine and
homogeneous distribution was obtained, which was beneficial in improving the mechanical
properties.
6. Wetting behavior and surface energy of the implant surface increased with decrease in grain
size.
7. Grain refinement significantly improved the antibacterial properties of Mg-2Zn-2Gd alloy. The
higher surface energy of ultrafine grained surface (S5) contributed to higher electron work
function, and hence lower surface electron activity, which minimized the charge transfer between
bacteria and substrate surface, thereby reducing bacterial interaction.
8. The higher surface energy of ultrafine-grained Mg-2Zn-2Gd alloy led to the release of more
Mg+2 ions during the initial stage, which increased the pH of fluid in the vicinity of implant,
producing unfavorable environment for the survival of bacteria, and consequent damage of cell
walls and reduced attachment.
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9. Presence of Mg+2 ions and change in pH were considered unfavorable conditions for bacteria
survival resulting in superior antimicrobial property on ultrafine grained surface.
10. EDS analysis confirmed that grain refinement led to significant extent of apatite formation on
the alloy surface, which was indirectly indicative of enhanced bioactivity.
11. The overall degradation rate of Mg-2Zn-2Gd alloy was suppressed with decrease in grain size.
The degradation rate was initially high for ultrafine-grained alloy and stable for coarse-grained
alloy, but with increase in immersion time, the ultrafine-grained alloy became stable by forming a
stable layer of Mg(OH)2. Thus, the stability of layer increased after 11 and 16 days for ultrafinegrained alloy is envisaged to be related to increased concentration of Mg2+ at the interface. The
Mg-rich interface promoted the nucleation and growth of Ca–P–Mg apatite, resulting in reduced
degradation of ultrafine-grained alloy.
12. The X-ray diffraction analysis confirmed the formation of apatite, and the principle peak was
shifted, confirming doping of apatite layer by Mg2+. FTIR, EDS and XRD analysis confirmed the
formation of Mg(OH)2 and calcium phosphate as a corrosion product.
13. The high initial corrosion rate of ultrafine grained alloy, rapidly changed the pH of the SBF
solution such that the nucleation of Ca-P phase is promoted on the alloy surface, which ultimately
resulted in the formation of stable Ca-P layer on the ultrafine-grained surface.
14. The degradation rate of ultrafine-grained alloy was controlled by the formation of apatite layer,
which reduced hydrogen evolution and is expected to promote cell growth. The controlled
degradation is expected to help in maintaining the mechanical integrity with time.
15. The degradation of apatite coated coarse-grained and ultrafine-grained Mg-2Zn-2Gd alloy
immersed in culture media in the presence of cells was more in comparison to the absence of
cells.
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16.

The degradation mechanism in the absence of cells is attributed to regular electrochemical
reactions involving the attack of chloride ions on surface, causing pitting corrosion and
breaking of dendrites because of faster electrochemical reaction between the interdendritic
arm spacing.

17.

The increased corrosion rate in the presence of cells was mainly because of greater decrease
in pH associated with the metabolic activity of live cells.

18.

The stability of apatite coated on Mg-2Zn-2Gd alloy samples with respect to grain size
played a major role in arresting the degradation and hydrogen evolution produced due to
immediate electrochemical reaction after immersion in the culture media.

19.

The enhanced cellular activities were governed by the high surface energy and hydrophilic
nature of ultrafine-grained Mg-2Zn-2Gd alloy as compared to the coarse-grained alloy.
The fibronectin expression was also enhanced on ultrafine-grained alloy.

20.

The study underscored that multiaxially forged ultrafine-grained Mg-2Zn-2Gd alloy
resulted in high degree of cell attachment and reduced degradation rate and hydrogen
evolution. Thus, it has a potential to be utilized as load bearing biodegradable orthopedic
implants.

7.2. Future Work
1. In future we need to expand the degradation studies for longer time like for more than 8 weeks
and a detailed study related to degradation products is necessary.
2. Apart from mechanical properties and harness we will be performing a detailed fracture studies
and analyzing the deferent failure mechanisms involved in implant material failure under the load
bearing application. Furthermore, nano-mechanical behavior must be carried out for better idea of
mechanical behavior of implant surface.
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3. The antimicrobial behavior of the material with other types bacteria such as s. aureus etc. must
be carried out in order to stabilize the material towards various bacterial infections.
4. As the study was focused more on development and processing so we could not strongly have
performed biological studies such as protein adsorption, osteogenic differentiation, detailed
investigation on cell material interactions, and live dead assays etc. The cytocompatibility of the
material with other cell lines must be performed for the better stability of cell material interaction
behavior of the material. After the successful tests, analysis and stabilization of the in-vitro studies
we will be proceeding for in-vivo studies in animal models. Where as a first primary step
cytotoxicity will be carried out. In-vivo will also have a major focus on the load bearing capability
of the implant material and correlating with degradation behavior in physiological environment.
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